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Dünyanın yaşlanan nüfusu ile birlikte travma, dejeneratif hastalıklar veya cerrahi
müdahale sonucu kemik dokusu kaybı ile karşılaşan hasta sayısı da artmaktadır.
Kemik doku malzemelerine olan talebi karşılamak adına sentetik kemik malzemeleri
üretilmiştir. Kritik-boyutlu veya zorlu şekillerden oluşan kemik defektleri karşısında
enjekte edilebilir kemik greftleri, halihazırda sunulan blok veya granül tipi
malzemelerden daha fazla kullanılabilirlik sunmaktadırlar. Set etmeyen enjekte
edilebilir sentetik kemik malzemeleri yük taşımayan bölgelerde (‘puti’ler) kemik
dolgusu görevi görürler. Enjekte edilebilir kemik malzemeleri ortopedi, kozmetik,
rekonstrüktif veya dental cerrahisi gibi birçok tıbbi alanda kullanılmaktadırlar.
Klinikte başarılı olacak enjekte edilebilir sentetik kemik malzemesi kolayca
kullanılan ve uygulanan, kemiği uyaran, erken bozunmayan, standartlaştırılmış
kaliteye sahip, sterilize edilebilen ve makul raf ömrü olan bir malzemedir. Bu
çalışmanın amacı, poli(etilen glikol)-gliserol içerisine karışacak β-trikalsiyum fosfat
i

(β-TCP)-biyoaktif cam partiküllerinden oluşan ideal enjekte edilebilir sentetik kemik
greft oluşturmaktır. Kızılötesi (IR) Absorbans Spektroskopisi ile sterilizasyonda
kullanılan gama ışımasının (25 kGy) malzemenin kimyasal yapısını etkilemediği
görülmüştür. Taramalı elektron mikroskobu (SEM) ve bilgisayarlı tomografi (mikroCT) analizleri ile malzemelerde homojen faz dağılımı görülmüştür. Malzeme
kompozisyonunun termal davranışı üzerindeki etkisini izlemek için termogravimetrik
analiz kullanılmış, 1:1 ve 2:3 taşıyıcı:seramik oranlarında hazırlanan malzemelerde
yaklaşık %50 ağırlık kaybı kaydedilmiştir. Yine kompozisyon ve gama ışıması ile
sterilizasyonun malzemenin reolojik özellikleri üzerindeki etkisi araştırılmıştır.
Numuneler, farklı PEG miktarları ve gama ile ışınlanmış/ışınlanmamış olarak çeşitli
kombinasyonlarla hazırlanmış, şırınga basma testinde ise en yüksek enjeksiyon
gücü (73 N) gerektiren malzemenin yüksek PEG oranı içeren steril numunelerin
olduğu görülmüştür. Viskozite çalışmasında malzemenin viskoelastisitesinin PEG
oranı ile arttığı görülmüştür (tan δ değeri 0.38’den 0.31’e düşmüştür). Malzemelerin
yıkanma-direnci ile kohezyonları su içerisindeki ağırlık kaybı ve Ca2+ iyonu salınımı
ile, ayrı ayrı ölçülmüştür. PEG ve gliserol’in ortak etkileri ile bu özelliklerin değiştiği
görülmüştür. Kalsiyüm salınım profillerinden iyon seramik partiküllerin iyon
emilimi/salınımının

dinamik

bir

proses

olduğu

anlaşılmıştır.

Malzemelerin

sitotoksisite testleri MEM elüsyon yöntemi ile L929 fare fibroblastları kullanılarak
gerçekleştirilmiştir.

Hücre

canlılık

oranı

3-(4,5-dimetilltiazol-2-yl)-2,5-

difeniltetrazolyum bromit analiz kiti ile elde edilmiştir. 10 kGy ve 25 kGy ile sterilize
edilmiş malzemelerin 24-saatlik ekstraktları %22.94 ve %56.53 olarak ayrı ayrı
kaydedilmiştir. Ekstrat inkübasyon süresi ile hücre canlılığı arasında bir ilişki
kurulamamıştır. 10 kGy ile sterilize edilmiş numunelerin ekstrat seyreltilerinde hücre
canlığı önemli bir şekilde artmıştır, %63.40’tan %86.17’ye %50 seyrelti ile
ulaşılmıştır. Bulgular, tez konusu malzemeler için in vitro testlerinin limitasyonları ve
in vitro toksisite ile in vivo sağlıklı kemik oluşumu arasındaki farkı açısından
literatürle uyum sağlamaktadır.

Anahtar Kelimeler: enjekte edilebilir kemik grefti, beta-trikalsiyum fosfat, polietilen
glikol, gliserol, biyoaktif cam
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As the global population ages, the number of patients suffering from bone tissue
loss due to trauma, degenerative diseases, or surgical intervention increases. To
meet the demand for bone graft materials, synthetic substitutes have been
developed. In cases of critical-sized or irregularly-shaped bone defects injectable
bone substitutes (IBS) provide more utility over pre-fabricated blocks or granules.
Non-setting IBSs (putties) act as bone void fillers in non-load-bearing areas. IBSs
are employed in a range of medical fields including orthopaedic, cosmetic,
reconstructive and dental surgeries. A clinically-successful IBS will be easy-tohandle and apply, have osteo-stimulatory properties, avoid premature degradation,
have standardised quality, be sterilisable and have a viable shelf-life. The aim of this
research was to develop an ideal IBS composed of β-tricalcium phosphate (β-TCP)-
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bioactive glass particles in a poly(ethylene glycol) (PEG) – glycerol carrier. Fourier
Transform Infrared Spectroscopy (FT-IR) spectroscopy verified that gamma
sterilisation (25kGy) did not affect its chemical composition. Scanning electron
microscopy (SEM) and micro-computerised tomography (µ-CT) revealed a
homogenous phase distribution of the constituents with the sample preparation
technique used. Compositional effects on IBS thermal properties were investigated
with thermogravimetric analysis and an approximately 50% loss in weight was
recorded in both 1:1 and 2:3 (%w) carrier-to-ceramic compositions. The effects of
both varying IBS carrier composition and the gamma-sterilisation condition on the
rheological properties of the biomaterial were evaluated. The highest peak injection
force (73 N) recorded for any combination of poly(ethylene glycol) (PEG) content
and sterility conditions in prepared samples was seen in sterile samples with high
PEG content. Oscillatory viscosity measurements of the samples revealed an
increase in IBS viscoelasticity (tan δ changed from 0.38 to 0.31) with increased PEG
concentration. The washout-resistance and cohesiveness of the IBS was examined
according to weight loss in and Ca2+ ion release in dissolution media, respectively.
Both PEG and glycerol were found to have competing effects on these two
properties. Furthermore, calcium release profiles showed a dynamic ion
release/uptake behaviour of the ceramic particles in water. Cytotoxicity testing of
the IBSs were performed using the MEM elution method with L929 mouse
fibroblasts. Cell viability was quantified with a 3-(4,5-Dimethylthiazol-2-yl)-2,5diphenyltetrazolium bromide analysis kit. 24-hour extracts of IBS composites
sterilised with gamma irradiation of 10 kGy and 25 kGy resulted in a cell viability
value of 22.94 % and 56.53 %, respectively. No relationship between extract
incubation times and cell viability could be established. A significant (p<0.0001)
increase in cell viability in extract dilutions of 10 kGy – treated samples was
observed, increasing from 63.40 % (100 % extract concentration) to 86.17 % (50 %
extract concentration). These results concur with literature regarding the limitations
of in vitro testing for IBSs and the commonly reported discrepancy between in vitro
cytotoxicity and in vivo successful healthy bone formation for similar materials.
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1. INTRODUCTION
Many tissues of the human body have self-repair capabilities, through complex and
interwoven chemical and biological mechanisms. However, in some instances these
mechanisms may become overwhelmed, and tissue repair or regeneration must be
augmented with external intervention. The bone remodelling process is the
naturally-occurring homeostatic mechanism in which cells of osteogenic lineage
regulate anabolic and catabolic activity of bone cells, breaking down or producing
new bone tissue according to the local need. However, defects in bone tissue that
are of a 'critical' size, for instance, are generally beyond repair via the bone
remodelling process alone. There are millions of patients each year who have
acquired such critical defects through injury, disease or curettage of bone tumours.
Treatment of these patients usually involve the use of a bone graft or bone graft
substitute to accelerate and guide healing in such defects. In such cases, bone
tissue engineering practices utilising biomaterials provide means for assisting the
bone repair and regeneration efforts of the body. Without these bone tissue
engineering options, a patient may have to face the numerous difficulties associated
with a persistent non-repair of bone which may include pain and immobility. A large
portion of orthopaedic research is dedicated to the development of materials
capable of treating critical-sized bone defects. A critical size bone-defect is generally
defined as one that is between 1 cm and 5 cm, as defects larger than this carry a
serious risk of non-union and require more than a graft or biomaterials approach,
such as the bone transport method designed by the Russian surgeon Ilizarov [1].
For bone defects appropriate for treatment via a grafting procedure, there are
several options of material, both organic and synthetic, that the surgeon may choose
from. Although the application site primarily dictates the type of material to be used,
many other factors will influence the success of the available material options.
These factors include the physical form in which the material is provided, the
availability of the material, the proven clinical performance of the material and the
delivery methods that need to be employed for its implantation. Furthermore, for
synthetic grafting materials compatibility, functionality compared to biological
alternatives, and manufacturability must all be tested and proven prior to
presentation to market.
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Although autografts, allografts and xenografts present the advantage of being more
structurally, chemically and biologically aligned to natural bone tissue, they are
weighed-down by issues that their synthetic alternatives by-pass. Considered the
current gold standard of treatment, naturally-compatible autologous bone tissue
taken from another bone site of the same patient, is limited by availability and donor
site morbidity. Allogenic bone, tissue that is sourced from another person or
cadaver, poses the risk of tissue rejection or disease transmission to the receiver.
Even after surpassing ethical constraints, xenogeneic grafts, although may be more
readily available, also pose the same risks of disease transmission and tissue
incompatibility as allografts. It is at this point that clinicians opt for synthetic
materials, which although lacking several features exhibited by natural tissues, are
abundantly available, disease-free options. Moreover, most synthetic materials
have an extensive history of clinical use and success to support their safety and
effectiveness in indicated uses. In fact, with an ever-growing expansion in
manufacturing technology, biomaterials can now be tailored to address the needs
of the microenvironment of the defect site. They are also typically impregnated or
functionalised with certain molecules or cells that drive healing mechanisms at the
defect location. Synthetic materials can also be combined with autografts, to extend
the amount of graft material used, preserving and presenting the key biological cues
for bone repair.

1.1.

Thesis Objectives

The broad aim of this research project is to develop a synthetic bone repair material
in the form of an injectable paste indicated for the treatment of bone defects caused
by sports injuries, degenerative diseases, surgical interventions or other cases
resulting in defects in bone tissue. The injectable bone substitute (IBS) is designed
to support the efforts of local endogenous bio-constituents in bone regeneration. As
a biocompatible and biodegradable bone void filler, the composite IBS will augment
the activity of anabolic or anti-catabolic agents at sites that are incapable of repair
through natural mechanisms alone. The combination of polymer and ceramic has a
long-standing history in biomaterials research and over 30 years of clinical use
history. The development of an injectable bone graft substitute is intended to
contribute, both scientifically and potentially commercially, to the need for viable
2

synthetic alternatives required by the growing number clinical cases that are undersourced with natural grafting options.
The material composition of the IBS is a combination of a bioceramic, bioglass and
polymeric gel matrix. An investigation into the effects of varying the amount of each
component within the composition will be conducted as a means of developing the
most optimised formulation with respect to chemical and rheological integrity, easeof-handling and cytocompatibility. Figure 1 below visually summarises they key
components of the proposed composite biomaterial to be investigated.

Polymer + Glycerol

Carrier

β-TCP

Bioactive
glass

Injectable Bone
Substitute (IBS)

Figure 1. Key components of the proposed IBS system
We speculate that a successful combination of the carrier, β-TCP particles and
bioactive glass particles via the manufacturing technique disclosed herein will
produce an injectable bone paste with potential as a bone tissue repair material.
This broad objective can be narrowed down to the following specific research
questions that the outcome of the research is intended to provide answers to:
-

Do the various constituents of the proposed IBS mix homogenously via a
standardised and repeatable manufacturing method?

-

What is the relationship between amount of constituent and IBS injectability?

-

What is the relationship between amount of constituent and IBS viscosity?

-

What is the relationship between amount of constituent and IBS washout property
and cohesiveness?

-

What is the effect of terminal sterilisation (gamma) on chemical, biological and
rheological properties of the IBS?

-

Is there an optimal formulation of the proposed biomaterial that satisfies the clinical
criteria for the abovementioned properties?

-

What is the degree of cytocompatibility of the optimal IBS formulation?
3

1.2. Literature Review
1.2.1. Basics of Bone Biology
The aim for a bone repairing biomaterial is to enhance the rate and quality of bone
healing at sites of bone fracture, tissue degeneration, implant loosening or surgical
intervention. A clear understanding of the fundamentals of bone structure; its
constituents; blood supply, cells and matrix; the mechanisms of bone formation; and
methods for controlling the behaviour of bone cells, is thus essential or designing a
bone repair material. The physical, chemical and biological features of bone repair
biomaterials can orchestrate local cells and factors that drive the bone remodelling
process. By knowing what the key players of the process are, as well as their
mechanisms of action, an engineer can tailor specific material properties to
influence when and how bone is turned over [2]. There are several basic facts that
are critical to the success of a bone repair material. For porous, scaffold-type
biomaterials, pore size and pore interconnectivity are crucial for the penetration of
cells and development of vasculature in the newly formed tissue which is critical to
cell survival. A pore size over 300 µm is cited in literature as ideal for osteoblast
penetration [3]. For materials that will undergo compression, a Young’s modulus
similar to that of native bone [4] is important for providing a dynamically stable
environment for migrated cells and for avoiding issues such as stress shielding or
early material wear. Also, material degradation rates that are synced to the rate of
bone formation by the body will ensure that the support provided by the material is
available as necessary. Furthermore, materials that contain or elute stimulatory
agents can directly influence and enhance activities such as cell migration, cell
adherence, cell proliferation and formation of vasculature. Alternatively, materials
may release anti-catabolic agents which inhibit the further breakdown of bone matter
by bone resorbing cells, which again, in effect, supports generation of new bone
tissue.

1.2.1.1. Constituents and Structure of Bone
Bone is a specialised connective tissue which has four specific functions in the
human body: providing the body with a rigid structure, protecting vital internal
organs, acting as a reservoir for marrow and fat storage, and regulating calcium and
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phosphate levels within the body. Bone tissue is a classified as a micro- and nanocomposite tissue and is a complex mix of organic and inorganic architecture.
Approximately 2/3 of the weight of calcified bone is made up of inorganic minerals
that is composed mainly of carbonated apatite whilst the remaining 1/3 is formed by
an organic matrix that is composed primarily of collagen. The organic phase gives
bone its rigidity, viscoelasticity and toughness, the mineral phase provides structural
reinforcement, stiffness and mineral homeostasis, and the remaining bone matter
consists of cell-stimulatory non-collagenous proteins [5].
Initially, approximately 94% of bone (also known as osteoid) is Type 1 collagen and
small amounts of non-collagenous protein. As minerals of the inorganic phase
deposit on this network of collagen fibrils during the process known as
mineralisation, a light-weight yet extremely strong material, bone, is created. The
organic phase of bone consists of cells of the bone remodelling process osteoclasts (bone resorbing cells), osteoblasts (bone depositing cells) and
osteocytes (osteoblasts residing in the bone matrix). It is the number, availability
and presence of relevant stimuli for these catabolic and anabolic cell types,
respectively, that dictate whether existing bone is to be resorbed in an area or
whether new bone is laid down.
On a chemical level, inorganic bone acts as a mineral reservoir that controls the
concentrations of calcium, sodium, magnesium, phosphate and other ions. The
interrelation between bone and the body’s endocrine system, and its involvement in
mineral and nutrient homeostasis, has been documented [6]. Physically, it provides
the mechanical strength of skeletal bone. The inorganic phase of bone is mainly
composed of hydroxyapatite (Ca10(PO4)6(OH)2). New ions are introduced into the
structure of hydroxyapatite through various substitution mechanisms which replace
the Ca2+ or adsorb onto the crystal surface. Calcium, phosphate and carbonate are
therefore the most abundant inorganic constituents of bone [7]. Other proteins of the
extracellular matrix (ECM) include signalling proteins (such as bone morphogenetic
proteins, cytokines, growth factors and adhesion molecules) and proteins involved
in the mineralisation process (such as osteopontin (secreted by osteoblasts and
mediates cell-matrix interactions), osteonectin (bonds calcium) and Matrix Gla
protein (MGP, is a calcification inhibitor)) [8].
Like the different phases of bone, the structure of bone itself also falls into two
categories - lamellar bone and woven bone. The local bone structure and
5

microarchitecture affects the choice, amount, form and method of application of a
bone repair material. Whilst lamellar bone boasts strong, compacted layers of bone
capable of supporting loads and fixation of orthopaedic hardware, other areas are
highly porous, and whilst excellent for accommodating vascular networks and cells,
they are also highly susceptible to fracture or damage.
The lamellar or compact bone is found on the outer regions of bone, has a porosity
of 5-30% and makes up for about 80% of the total bone mass [9]. Lamellar bone in
adults is formed by collagen fibrils that are arranged in parallel sheets (called
lamellae) or concentric sheets. Lamellar bone in long bones form around blood
vessels and nerves, forming Haversian systems or canals that run parallel to the
surface of the bone, along its longitudinal axis.
Woven bone, also known as non-lamellar or trabecular bone, contains randomly
dispersed, interlacing collagen fibrils covered in hydroxyapatite crystals deposited
in a disorderly manner [10]. It is essentially an interwoven scaffold of rod and plate
shaped trabeculae, that are spaced approximately 1 mm apart from each other.
Trabecular bone forms in areas where bone is rapidly laid down, as in the case of
fetal growth, fracture healing or hyperthyroidism. Trabecular bone has a 30-90%
porosity and fills up the interior of the bone to allow for vascularisation and storage
of marrow content [9]. Arranged as cross-braced interior struts, woven bone can
provide maximum rigidity with the use of minimal material. Its formation can
therefore be found to be aligned parallel with the major lines of compressive or
tensile forces.
A bone defect may be restricted to a single structural phase of bone or may span
both types of zones. A bone void filler or augmentation product must therefore
address the structural conditions of the zones which the defect is covers. It must
also provide incentive for bone cells to be involved in the bone healing effort. There
are four main cells found in the mineralised bone matrix, namely, osteoblasts,
osteoclasts, osteocytes and bone lining cells.

1.2.1.2. Bone Remodelling
Bone is a dynamic tissue that is constantly broken down and reformed in response
to the needs of the body. The bone remodelling process refers to a natural
mechanism of the human body where mature bone tissue is resorbed, and new
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bone is formed (ossification) by specialised bone cells. Factors influencing the
balance between resorption and formation range from the presence of vitamins
(vitamin A, C, D), minerals (calcium, phosphate, magnesium), hormones
(oestrogen/testosterone, parathyroid hormone) and signalling molecules (interleukin
1, receptor activator of nuclear factor kappa B ligand (RANKL)), to physical factors
such as the presence or absence of mechanical loading on the bone itself. Bone
remodelling

factors

act

to

either

increase/decrease

resorption

and/or

increase/decrease formation of bone through their effects on the cells of the bone
remodelling process.
Cells of the bone turnover process are distinguished based on their morphology and
characteristic locations in the bone matrix, and are involved in bone
formation/resorption, mineral homeostasis and bone repair [11]. In the event of loss
of bone matter in cases such as trauma or pathological conditions etc., the quick
restoration of bone mass and prevention of further damage to surrounding tissue
relies on the rapid and correct execution of these processes.
Two cell types which stem from hematopoietic stem cell line are responsible for the
turnover of the bone matrix. The first is the osteoclast, which carries out catabolic
activities involved in the resorption of bone tissue. The activity of the osteoclast is in
fact regulated by the second cell type, the osteoblast. The osteoblastic lineage,
itself, executes anabolic activities forming new bone tissue wherever it is needed
and is responsible for the regulated production of mineralised bone matrix which is
later removed by the osteoclast [12].

1.2.1.2.1. Osteoblasts
Osteoblasts are specialised connective tissue cells responsible for the synthesis of
a matrix material called osteoid and its subsequent mineralisation through the
deposition of inorganic salts throughout it. It produces a myriad of products including
enzymes (e.g. alkaline phosphatase and collagenase), growth factors, hormones
(e.g. osteocalcin) and Type I collagen. The reservoirs of osteogenic cells, that later
differentiate into osteoblasts, are found in the periosteum (outer lining of bone) and
endosteum of the marrow cavity. Through the interconnected network of bone
marrow, periosteum, pericytic cells and invading vasculature, osteoprogenitors
migrate to sites of bone damage and here they are stimulated by various growth
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factors, in particular bone morphogenetic proteins (BMPs), which pushes their
differentiation toward the osteoblastic lineage [13, 14].
Osteocytes are osteoblasts that have become trapped and isolated amongst
calcified bone matrix that they have produced. From the pits they reside in, called
lacunae, these cells support other osteoblasts in a paracrine manner and have some
catabolic activity (they are slower than osteoclasts though). They also communicate
with each other and bone surfaces via extensive filamentous protoplasmic
processes that run along channels (canaliculi) in the bone matrix. With this network,
osteocytes can sense areas of high loading or fracture and recruit osteocytes to
dissolve bone where needed. In fact, more than 90% of the bone cells in the mature
human skeleton are osteocytes [2].

1.2.1.2.2. Osteoclasts
Osteoclasts are large multinucleated cells that break down bone matter through
chemical, enzymatic or phagocytic attack. They are the only cell type capable of
resorbing mineralised bone. It is the secretion of pro-osteoclastic factors (M-CFS,
RANKL) by osteoblasts that drives osteoclast precursor cells from the hematopoietic
lineage to differentiate into osteoclasts [15]. Osteoprotegerin (OPG) is another factor
known to act as a decoy receptor that binds RANKL and prevents it from interacting
with its receptor on osteoclast precursors, thereby inhibiting osteoclast
differentiation

and

function.

Together,

M-CFS

and

the

RANK-RANKL-

osteoprotegerin system regulate osteoclast differentiation.
The main mechanism of bone tissue breakdown by the osteoclast is by binding to
the surface of bone and secreting transport protons that reduce local pH and
solubilise bone material, in conjunction with additional acid protease secretion which
also degrades bone matter [11]. Osteoclasts release acid phosphatase which
dissolves both the organic collagen and inorganic calcium phosphates of bone. As
the osteoclast breaks down the mineralised bone matrix, it engulfs the small
fragments formed and continues their breakdown within cellular vacuoles,
eventually releasing the breakdown products like calcium and phosphorous back
into the blood stream.
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1.2.1.2.3. Osteoblast-Osteoclast Relationship in Bone Remodelling
Drivers of bone remodelling, osteoblasts and osteoclasts, have a direct relationships
with each other. In vitro evidence has shown that cells of the osteoblastic lineage
modulate the activity of osteoclasts through a number of cytokines and growth
factors locally generated [16]. M-CSF and soluble RANK-L receptors are expressed
on osteoclast precursors and play a major role in their differentiation into mature
osteoclasts [17]. Under the influence of a combination of effectors (Vitamin D,
parathyroid hormone and stimulation from osteocytes), osteoblasts secrete RANKL and interluekin-6, of which RANK-L has been confirmed to be an absolute
necessity for pro-osteoclastic activity [18, 19]. Whilst pre-osteoblasts secrete mainly
RANK-L, mature osteoblasts express high levels of OPG [20]. The overall bone
remodelling event, however, depends on the complex interplay between a cocktail
of factors including cytokines (interleukins), growth factors, attachment factors, sex
hormones (estrogen) and parathyroid hormone [21]. The figure below (Figure 2) is
a graphic representation of the osteoblast-osteoclast interaction and the key
elements involved.

Figure 2. Cells and ligands of skeletal remodelling [18]
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1.2.2. Orthobiologics
'Orthobiologics' refers to materials or substances used in orthopaedics to improve
the healing of musculoskeletal injuries such as damaged bone, muscle, tendon or
ligament tissue. They are generally constructed from substances found naturally in
the body. Examples of orthobiologic substances used in regenerative medicine
applications include bone grafts, platelet rich plasma, stem cells, growth factors,
autologous conditioned serum etc. Orthobiologics are applied in cases of
orthopaedic tissue trauma that overwhelms natural healing mechanisms. Some
orthobiologic substances may also act on a systemic level, such as those used to
treat degenerative diseases such as osteoporosis, enhancing the overall skeletal
mass and bone quality of a patient. For patients suffering from osteoporotic fractures
which show an impaired ability to heal with prolonged healing times [22], or for those
with orthopaedic conditions which eventuate in the creation of significantly-sized
bone voids, there are a number of orthobiologic adjuvants available for faster and
more effective healing of bone tissue.
The slow albeit steady shift towards the clinical uptake of orthobiologics-based
therapies and the increase in orthobiologics research in recent years stems from the
clinical need for catalysts of healing in skeletal injuries or defects. Serious skeletal
injuries, such as those that have progressed into cases requiring surgical
intervention, usually also impede the range of motion of the associated body area.
When lower limbs, lower extremities or lumbar/sacral spine is involved, this could
go further to result in a non-ambulant patient. Thus, the antecedence of the surgeon
becomes the speedy restoration of such defects. The Diamond Concept in
orthopaedics states that an tissue repair material must be supplemented with growth
factors and cells and be ensured sufficient stability in order to provide the intended
support for critically-large defects [22]. As such, for effective healing, an
orthobiologics approach must incorporate the following three ingredients:
- Matrix: A material which is to accommodate the cells of the healing process must
be conducive to their migration, attachment, proliferation and growth by means of
both chemically and structurally appropriate surfaces for successful cell-material
interactions, as well as macro- and microstructures suitable for vascularisation.
Traditionally, autografts (bone from the patient) or allografts (bone from another
patient) have been used as matrix materials, however, the former is limited by issues
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such as availability and donor site morbidity, whilst the latter option may present
risks of incompatibility and disease transfer. These tissue types may be
decellularised to present as cell-less scaffolds for bone regeneration [23]. They may
also be combined with cells [24], ceramics [25], polymers [26] or any other materials
inductive or conducive to bone growth. Alternatively, biodegradable artificial matrix
materials can be fabricated to exhibit the features of natural tissues, including both
the organic and inorganic phases. The advantage to their biodegradability is that it
eliminates the need for a second surgical site.
- Growth factors: Growth factors may be stimulators or inhibitors of bone formation
or resorption, respectively. They are usually proteins that manipulate bone cells,
controlling their differentiation processes and actions by affecting surface receptors
and initiating a cascade of chemical pathways. Their ability to chemo-attract stem
or other cells to areas of need depends on the degree of vascularisation available
to the area. Although available throughout the body in low concentrations, bone
tissue engineering matrices are usually doped with much higher concentrations of
growth factors to improve tissue healing in challenging areas. One common factor
that bone repair materials are commonly embedded with is bone morphogenetic
proteins.
- Stem cells: Cells of pluripotent or multipotent status can differentiate into
specialised cell types responsible for bone turnover activities. For example,
osteoblasts are derived from the mesenchymal stem cell (MSC), osteoclasts stem
from the hematopoietic stem cell lineage. Stem cell recruitment and differentiation
is directed by the presence of chemotactic factors secreted by local cells in defect
areas.

1.2.2.1. Matrix Materials
A matrix or primary vessel of an orthobiologic biomaterial must have structural
features and properties that mimic native bone structure, constituents (including
blood supply, cells and extracellular matrix) to orchestrate the remodelling of bone
in compromised bone tissue [2, 11]. This requirement applies to all bone tissue
engineering scaffolds; however, criteria may vary for injectable biomaterials. Bone
void filler materials, for example, have the consistency of paste and are delivered to
bone defect sites with a syringe or similar apparatus. The relatively rigid mechanical
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regenerative cells by means of providing a highly interconnected network through
which new bone formation and angiogenesis can occur. Properties such as pore
size, porosity and mechanical strength are usual measures of material
appropriateness for bone tissue engineering scaffolds. For injectable bone grafts,
however, properties such as viscosity, injectability, cohesion, thermodynamics,
degradation, washout resistance and cellular interaction are of primary concern. The
injectable bone graft is essentially a bone void filler material that may also act as
carriers of critical bone regenerative agents to initiate or support new bone formation
before the material itself is degraded and resorbed by the body. To achieve this, its
primary 'matrix' i.e. carrier/liquid phase must be tailored to avoid premature
degradation. This is achieved with additives or materials that promote cohesiveness
and anti-washout effects, without hampering the viscosity and injectability of the
material.
As previously discussed, natural bone tissues of autogenic, allogeneic or
xenogeneic origin can be decellularised or demineralised and reprocessed into bone
tissue engineering scaffolds supplemented with additives to enhance bone
regeneration. However, due to some critical drawbacks of these tissue types, also
previously discussed, synthetic materials have been generated much research
interest. Much of bone tissue engineering research efforts have been directed
towards the development of materials capable of mimicking the structure and
surface kinetics of bone. These materials would thus be able to facilitate the
migration, attachment and proliferation of mesenchymal stem cells which later
differentiate into osteoprogenitor cells. Non-biological structures of this capacity are
considered 'osteoconductive'. The range of material options for these tissue
engineering scaffolds is vast. These synthetic scaffolds are generally produced from
polymers, ceramics and their blends. Metals have been dismissed as suitable
materials for interfacing with areas of bone that requires the formation of new bone
tissue, for several reasons. They are non-biodegradable, introduce stress shielding
problems [27], require surface conditioning to overcome poor material-tissue
interactions [28] and thus often require surgical reintervention [29]. Polymers in
particular are opted as scaffold materials as due to the versatility of their possible
architectures, composition, degradation rates and manufacturing techniques [30].
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Some polymer types that are frequently utilised in these applications are poly(εcaprolactone), poly(propylene fumarate), poly(phosphazene), poly (anhydride) and
poly(α-hydroxy acids) [31]. Of these, poly(α-hydroxy acids) are the most popular as
they are highly versatile thermoplastics which are made from glycolic acid and lactic
acid monomers, which themselves have an extensive history of FDA approval in
bone tissue engineering [32, 33]. Also, the degradation rates of polymers can be
matched to the rate of tissue formation and the non-cytotoxic degradation products
of polymeric 3D tissue engineering constructs in medical and tissue engineering
applications can be removed through natural metabolic pathways. Literature is
abundant with research of polymer-ceramic materials. Natural polymer (chitin,
chitosan, collagen etc.) composites with ceramics [34] or combined with proteins,
polysaccharides, minerals, growth factors or cells etc. [35] have been extensively
reviewed. The same applies to synthetic polymers [36, 37]. Also outside the scope
of this thesis yet important for a general understanding of bone tissue engineering
approaches, is the myriad of scaffold fabrication techniques and technologies which
range from traditional methods such as solvent casting and particulate leaching [38],
to more recently 3D printing [39].

1.2.2.2. Growth Factors
Synthetic bone grafts may attempt to coordinate bone regeneration through physical
or structural characteristics, however, they lack biological cues for signalling the
migration, attachment, growth and proliferation of osteoprogenitors, which
autogenic, allogenic or xenogeneic grafts may inherently possess. Although
microarchitectural features or surface chemistry can be tailored to support materialcell interactions to some degree, true tissue formation is best achieved with the
presence of bioactive factors. Synthetic bone grafts are therefore usually
supplemented with drugs or agents that are pro-osteogenesis. The remodelling
pathways are manipulated with the use of specific modulators. These modulators
may be either anabolic (formation stimulators) or anti-catabolic (resorption
inhibitors). A popular approach is to utilise the naturally-occurring factors within the
body such as transforming growth factor (TGF-β), insulin-like growth factor (IGF I
and II), platelet-derived growth factor (PDGF), fibroblast growth factor (FGF) and
various types of bone morphogenetic proteins (BMPs) [40]. Other additives such as
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bioglass [41] are also commonly used as a means of increasing the bioactivity of
bone graft substitutes.
One of the most clinically-covered bone growth stimulants used in orthopaedic
treatment is bone morphogenetic protein (BMP). BMPs are a part of the TGF-Beta
superfamily and have been clinically proven to have strong chondro- and osteoinductive effects [42-44]. A study on the treatment of peri-implant defects in a dog
model with a combination of growth factors (bone morphogenetic protein-2 (BMP2), transforming growth factor-beta (TGF-beta), platelet-derived growth factor
(PDGF), basic fibroblast growth factor (bFGF)) and bone cement found a significant
increase in the amount of bone formed as well as material-bone surface contact
[45]. The use of BMPs in humans, however, is limited to indications – BMP-7/OP-1
is indicated for non-unions and some cases of spinal fusion, whereas BMP-2 is
indicated for open tibial fracture surgeries, as explained by Janicki et al. [46].
Furthermore, BMPs bind better to calcium phosphates than polymers as BMPs are
water-soluble and polymers are hydrophobic, although some techniques such as
solution dipping or oxygen plasma treatment of polymers yield promising results
[47]. It is also worthy to note that BMP-release behaviour of materials may show
variation between in vitro and in vivo tests [48]. Therefore, release profiles for BMPs
are difficult to predict as they are affected not only by material type (adsorption
capacity) but also the experimental environment.
Bisphosphonates are chemically-stable derivatives of inorganic pyrophosphate
have been shown to suppress bone resorption by preventing calcification by binding
to hydroxyapatite crystals and also inhibiting their breakdown [49, 50].
Bisphosphonates display a very high affinity for calcium ions in the mineral phase
of bone and their use in osteoporotic patients have shown a reduction in the risk of
secondary fractures [51]. An injectable bone graft composed of alendronate
(bisphosphonate) and calcium phosphate was tried in proximal medial tibia defects
in a rabbit model, however, no remarkable difference with respect to improving the
bone healing process compared to calcium phosphate-only groups was evident [52].
Many studies suggest, however, that the positive effects of bisphosphonates are
activated when there is low bone turnover i.e. in unhealthy bone models [53].
Platelet-rich plasma (PRP) is widely known to be a source of concentrated growth
factors, cytokines, proteins, and ions [54]. There are studies which have shown that
PRP facilitates cellular migration, adhesion, proliferation and in vivo tissue
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regeneration through the release of growth factors and cytokines from its α-granules
[55, 56]. Other studies confirm the osteogenic effects of PRP in PRP-embedded
biomaterials. Examples include the report of Rai et al. who used a polycaprolactiontricalcium phosphate scaffold containing PRP and saw that both vascularisation
during bone regeneration and bone volume fraction showed an increase [57].
Concurring results obtained by Bi et al. show that injectable TCP/chitosan materials
carrying PRP promotes new bone formation [58]. A recent study on platelet-rich
plasma (PRP) - enriched brushite bone cement revealed a marked improvement in
surface reactivity, and a better early-stage tissue response and bony ingrowths [59].
Another recent study presents a novel injectable tissue-engineered bone composed
of PRP and human-adipose-derived stromal cells which was able to form bone
structure in heterotopic sites of nude mice [60]. Previously demonstrated abilities to
obtain sustained release of growth factors from PRP-carrying biomaterials presents
opportunities for prolonged treatments of large bone defects that take longer to heal
[61]. There is some converse data, however, regarding the ability of PRP to induce
MSCs differentiation into osteoblasts as a failure rate of 38.5% was reported for
PRP-supplemented long bone non-union treatments, as opposed to only 6.2%
observed for BMP-treated cases [62]. Nonetheless, the overriding positive
outcomes associated with PRP use continues to engage research and commercial
interest in PRP-based therapies.
BMPs, bisphosphonates and PRP are only some examples of the exhaustive list of
additive factors that could be used to improve the bioactivity of a bone tissue
engineering material. From cathepsin K inhibitors [63] to synthetic small peptides
(P-15) [64], there exists many unique scaffold-factor composites for bone tissue
regeneration purposes.

1.2.2.3. Cells
Bone tissue engineering scaffolds usually have the dual function of both providing
a physical support structure for newly formed bone tissue, as well as serving as a
vehicle for drug and cell delivery. Drug delivery via scaffold materials has a long and
successful history of clinical application. Bone formation stimulants can be
embedded into or onto the fabric of the construct during manufacturing processes.
The delivery of cells is a more complicated endeavour as ensuring the viability of a
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sufficient number of cells to the defect site has many technical difficulties during
application. The problems are amplified for dynamic carriers such as putties or
pastes which cannot retain a static or rigid structure – a key requirement for
sustaining cellular attachment and growth. Cell delivery via injectable bone pastes
has created a host of new issues that scientists are currently seeking to overcome.
Traditionally, cells are cultured with matrix materials ex vivo and the biological
construct is then implanted at tissue repair sites with the intention that cell growth,
proliferation and tissue regenerative activities will be sustained by the local
environment. Stem cells in particular have shown great potential in regenerative
orthopaedic medicine. In the presence of media additives such as dexamethasone,
β-glycerophosphate and ascorbic acid, MSCs can be stimulated to produce
extracellular matrix and upregulate genes involved in in vivo osteogenesis [65, 66].
Delivering MSCs, influencing their specialisation into osteogenic cells in orthotopic
or ectopic environments, and ensuring that they also maintain adherence to the
scaffold material, is still a challenge today for tissue engineers. The use of MSCs
with autografts for the accelerated repair of non-union defects was previously
demonstrated clinically, and it was found that an amount of less than 1000
progenitor cells/cm3 was not sufficient for obtaining union in patients [67] but this
could be achieved through centrifugation prior to injection of cells [68]. In one study,
MSCs cultured ex vivo on a hydroxyapatite scaffold was implanted into large defects
(4-7 cm) and was shown to induce healing of the defects 10-16 months quicker
compared to conventional grafting [69]. The success of including osteoprogenitors
in synthetic bone grafts depend heavily on the cell source, cell isolation method, ex
vivo culture conditions, implantation site, cell numbers and differentiation capacity
of the cell line, as comprehensively reviewed by Janicki et al. [46].
Scientists have also successfully developed a stem-cell carrying bone cement. Zhao
et al. propose an injectable composite bone cement for the delivery of human
umbilical cord mesenchymal stem cells (hUCMSCs) for the minimally-invasive
treatment of load-bearing defects [70]. The calcium phosphate cement combined
with hydrogel microbeads encapsulating hUCMSCs was injectable with minimal
pressure, displayed mechanical strength similar to cancellous bone, maintained cell
viability after injection, and cells showed osteo-differentiation, yielding high alkaline
phosphatase, osteocalcin, collagen Type I, and osterix gene expressions in cell
culture.
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The delivery of a cell population to a defect area in the bid to kick-start the tissue
regeneration process is a highly successful approach, when it works. To meet
essential requirements stated in the Diamond Concept for bone tissue engineering,
the option to synthetically regulate the activity of bone cells can be used as an
alternate route to integrating the role of cells into the bone regeneration objective.

1.2.3. Injectable Bone Substitutes (IBS)
An injectable bone substitute is essentially a synthetic bone graft which has a solid
bioactive material dispersed throughout a liquid carrier phase. The injectable gel or
putty-like formulation is injected into a bone void where it will fill the space and
augment local tissue repair. Bone graft substitutes in injectable form offer several
advantages over the commonly encountered pre-fabricated granules or blocks.
These advantages include the ability to easily mould the material so that it contours
complex-shaped defects, the reduction of associated tissue scarring and
postoperative pain, and the elimination of complications of revision surgery [71].
Though there are several ways in which injectable bone graft substitutes have
previously been categorised in literature, for the purposes of this research, IBSs will
be divided and discussed as setting (cements) and non-setting (putties) bone graft
materials. Further classification is also possible based on the composition of the
IBS, where an IBS may be categorised as either organic-based (partial or complete),
or completely synthetic. The former relates mostly to treated allogenic or xenogeneic
tissues that are usually combined with other natural or synthetic ingredients to
assume a paste-like injectable form. Demineralised bone, for example, is often
mixed with resorbable carriers or plasticizers (such as chitosan or hydroxpropyl
methylcellulose) and presented as injectable pastes. Synthetic IBSs are comprised
synthetically-derived biocompatible and biodegradable matter.
Currently there is an extensive market range of bone cements and putties available.
Some of these commercially-available products have histories than span at least a
few decades. Over recent years research regarding strategies to optimise the
properties (such as injectability, setting time (for cements), cohesion and in vivo
performance) of bone grafts substitutes has intensified. There is also ongoing effort
to enhance other important factors such as delivery methods, storage requirements,
sterilization methods and prolonged shelf-life. The material developed in this study
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is an injectable, non-setting, off-the-shelf synthetic IBS intended for the repair of
bony defects in non-load bearing areas. Most commercially-available synthetic bone
graft substitutes incorporate some form of bioceramic (granules or powder) into a
hydrogel carrier, with or without the addition of other bioactive or stabilizing agents.
The aim of infusing ceramic particles in a viscous matrix is an attempt to mimic the
combined mineral and inorganic phases of bone. The IBS developed in this study is
a composite of β-TCP particles (of various sizes), bioactive glass particles and a
polyethylene glycol-glycerol carrier.

1.2.3.1 TYPES OF INJECTABLE BONE SUBSTITUTES
1.2.3.1.1. Setting Injectable Bone Substitutes
Bone cements are ceramic-based viscous liquids that undergo chemical reactions
to harden or set in situ via exothermic or isothermal reactions. These materials
solidify to form bone-supporting structures. As such, they are used to provide
mechanical support during the bone forming process. Furthermore, hardening
pastes are usually injected into fracture spaces or around orthopaedic implants to
augment hardware fixation into weak bone. Clinically-used injectable bone cements
include, in order of popularity, calcium phosphate cements (CPCs), calcium
sulphate cements (CSCs) and poly(methyl methacrylate) (PMMA) cements.
1.2.3.1.1.1. CSCs
The first calcium sulphate-based bone grafts were based on dihydrate calcium
sulphate (‘Plaster of Paris’). Plaster of Paris has a long history of clinical use.
Calcium sulphate can be produced by chemical synthesis or by a gypsum
calcinating process, can be gamma-sterilised, is biocompatible and bioactive, is
completely resorbed through a process of dissolution, but lacks macro porosity
which is considered essential for bone ingrowth [72]. There are reports of calcium
sulphate-based materials achieving osseous repair in patients treated for bone cysts
or benign tumours, even when demineralised bone matrix is not provided as a
supplementary material [73, 74]. However, with a compressive strength of only 2030 MPa [75] (compared to 20-60 MPa for CPCs [76]) compounded with the fact that
its loses strength soon after implantation due to its rapid rate of resorption through

18

dissolution, calcium sulphate–based bone cements have become the least favoured
clinical choice of setting IBSs.
1.2.3.1.1.2. PMMA
Originally stemming from applications in the ophthalmological and dental fields,
PMMA has also been utilized in orthopaedics as a fixation material for implants and
in the repair of fractures. It also has also been successfully applied as an antibioticloaded joint spacer in revision surgeries of chronically-infected joint prostheses [77].
This non-resorbable acrylic injectable bone cement has, however, certain
drawbacks. These include its inability to actively bond with surrounding bone [78],
its exothermic setting reaction which potentiates tissue necrosis [79], and its
dissimilarity to surrounding bone which has been shown to lead to further vertebral
fractures [80].
1.2.3.1.1.3 CPCs
First appearing on the market in porous block or granular forms, the discovery of
calcium phosphate-based bone cements (CPCs) in the 1980s was a major leap in
orthopaedic medicine. CPCs have an extensive history of use in dentistry,
orthopaedics and reconstructive surgery due to their high interactivity and
compatibility with bone [81]. Apatite (precipitated hydroxyapatite) and brushite
(dicalcium phosphate dehydrate, DCPD) form the two primary classes of CPCs
currently used. These cements are used alone, in conjunction with orthopaedic
implants to provide a fixation interface between the hardware and bone, or in areas
that must withstand compressive forces (compressive strengths up to 80 MPa).
Some apatite-based commercial products include Norian SRS® (Synthes Inc.),
Norian Drillable® (Synthes Inc.), BoneSource® (Stryker Inc.), HydroSet® (Stryker
Inc.), Calcibon® (Biomet Inc.), alpha-BSM® (ETEX Corp.), Callos® (Skeletal Kinetics
LLC), and known brushite-based commercially-available cements include ChronOs
inject® (Synthes Inc.) [82].
Scientists have found that slurries of tetracalcium phosphate (TTCP) and dicalcium
phosphate dihydrate (or dicalcium phosphate anhydrous (DCPA)) react to form HA
whilst becoming a hardened mass [83]. Other research [84, 85] has revealed that
implanted CPCs are gradually replaced by new bone without loss in volume, which
has driven FDA approval for their commercial use in humans. The carrier or liquid
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phase of bone cement undergoes a chemical reaction causing the injected material
to harden either at room temperature or in situ. Depending on the chemical
composition, both the carrier and embedded additives may be completely resorbed
by the body over time. Whilst CSCs dissolve much faster than CPCs through noncellular routes, CPCs are remodelled/degraded mainly through cell-mediated
processes.
Injectable CPCs are self-setting and are made by combining one or two solid
compounds of calcium phosphate salts with water or aqueous solution. The CPC
pastes form when reactive calcium phosphate ceramic particles are mixed in
aqueous solutions at concentrations greater than 1.5 g/mL [86]. Furthermore, unlike
CSCs, CPCs set at physiological pH with minimal exotherm. For most CPCs,
crystallisation (hardening) occurs within a few minutes of the two phases contacting
each other, and the material normally ‘sets’ completely around 24 hours later. Chow
[87] explains the setting of CPCs as a two-step process. In the first step hardening
occurs through dissolution/precipitation reactions between the calcium compounds.
The driving force for these reactions is based on the relative solubilities of the
reactants and products. The solubility of calcium phosphates can be manipulated
by changing the pH concentration of the aqueous environment. It is now known that
there are at least 10 different calcium compounds, some which are in fact products
of other cement systems, and used as ingredients for enhanced CPCs.
Based on chemical composition and structure, CPCs can be further classified apatite cements include tetracalcium or α-tricalcium phosphate and brushite
cements include a mix of β-tricalcium phosphate and monocalcium phosphate
monohydrate. Brushite cements have great utility in certain applications due to their
fast degradation rate and osteoclast-mediated resorption [88] which allows for bony
ingrowths [89, 90], however, some findings suggest that this rapid resorption might
in fact lead to lower quality bone formation [91]. Most commercial CPCs are
products of a reaction between calcium compounds and carboxylic acids (e.g.
glycolic, citric, tartaric, etc.) [92-94] and are chosen for their favourable properties
e.g. fast setting time, cohesiveness etc. Most reported final products are apatitic,
although the molar Ca/P ratio can be tuned to obtain DCPD or DCPA. HA is the
most stable compound, maintaining its stability over a wide range of pH (4.4 and
above). Other non-HA calcium compounds can also be used as starting cement
materials to create cements in which water is used as the carrier phase, and HA
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and its related apatitic phases (e.g. Ca-deficient HA, carbonated HA etc.) are formed
as end products. These reactions are commonly supported by accelerators such as
sodium phosphate solutions that speed up the hardening of the cement. In reverse,
for pH<4 conditions, DCPD and DCPA is formed as they are the least soluble
calcium compounds in this pH range. General findings indicate that DCPD-forming
cements are mechanically weaker than HA-forming cements. Amorphous calcium
phosphates also exist, and though known to be successful in initiating bone
formation [95], manufacturing difficulties have limited their application (BiobonÒ
cement is the only commercially-available CPC containing amorphous calcium
phosphate [96]).
The brittleness of CPCs is a cause for concern as disintegrated cement particles
may leak into surrounding tissues and lead to problems such as nerve pain or
venous and pulmonary embolisms [97]. This is one concern contributing to the
ongoing efforts towards improving the mechanical, biological and degradation
properties of CPCs. The most common approach to achieving this is to combine two
or more types of calcium phosphates or to develop hybrids with polymers. Calcium
phosphate compounds can be reacted with polymeric solutions to obtain a
mouldable, self-hardening biomaterial [98]. In the 1980s some of the first injectable
and hardening bone paste developed included biphasic cements [99], sodium
alginate β-TCP cements [100] and gelatine and β-TCP mixtures [101]. The reaction
occurs between the carboxyl group of the polymer and the alkaline calcium
phosphate. Many studies based on aqueous solutions of chitosan mixed with
calcium phosphate compounds demonstrate that after an initial hardening stage of
the cement formed, calcium phosphate compounds continue to react amongst
themselves, resulting in HA as the major final product [102, 103], as well as yielding
a higher flexural strength [103, 104].
Although pre-fabricated blocks or granules are readily-available products for the
surgeon to use, injectable forms of CPCs offer the important advantage mouldability
to or conformation to defect shape. However, there are still many aspects of CPCs
that need improvement if their use is to be streamlined for the operating theatre. In
addition to their brittleness, setting bone pastes, are also limited by the curing times,
polymerisation exotherms and post-polymerisation strengths [105]. Injectable CPCs
have also been linked to many health complications, known as Bone Cement
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Implantation Syndrome (BCIS), in patients who have received bone cement
implants [106], which has also raised some concerns regarding their clinical uptake.
Setting pastes should be injected very early in the setting phase, while only
nucleation is taking place, so as to avoid injection of partially reacted cement which
has been shown to lead to poor structure and mechanical strength in the final
product [86]. The ideal cement should undergo rapid curing after injection. For
PMMA bone cements, the degree of curing is also known to effect the degree of
systemic absorption of the cement [106]. Method of improving cement curing time
has been extensively studied as this is a limiting factor to most surgeries. This is
addition to the cement preparation time, which is usually done manually in a mixing
bowl during surgery. One study found that offering cements in a syringe applicator
as opposed to manual mixing in a bowl saved significant time in the operating
theatre, which the researchers extrapolated as nearly $71,000,000 national and
$110,000 individual surgeon annual cost savings [107]. Another study brings to
focus the effects of storage temperature and equilibration time on bone cement
polymerisation in the operating theatre – an aspect formerly unregulated by bone
cement manufacturers and surgeons [108].
The interest in injectable foams, which are essentially macro-porotic (>10 µm) bone
cements, has risen in recent years as the importance of cell infiltration for
biomaterials is continuously reiterated in orthopaedic research. The term injectable
foams is applied in literature [109] to calcium phosphate cements, biphasic
hydrogels, hydrophobic polymeric scaffolds, and gas-foamed polymer scaffolds. For
setting bone pastes, tissue-material interaction can be promoted through the
incorporation of micro and macro-pores for tissue ingrowth as the characteristic slow
resorption rate of cements could impede bone healing. First-generation CPCs have
small pore sizes (0.1 – 10 μm) and low porosity which has been associated with
slow bone remodelling and poor bone ingrowth and ultimately cement failure [89,
110]. Porous cements experience a significant decrease in mechanical strength. To
counteract this shortcoming, bioresorbable polymers can be incorporated into the
paste which, after the material is set, can be degraded to create vacuoles that
surrounding tissues can penetrate [104]. Sugawara et al. report the use of a sugar
(mannitol) particles embedded in a CPC which later formed macro-pores in situ for
tissue ingrowth [111].
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1.2.3.1.2. Non-Setting Bone Pastes
1.2.3.2. Injectable Bone Grafts - Composition
1.2.3.2.1. Carrier Materials
Injectable bone pastes are typically multi-phase materials. The ‘active’ phase is
generally a osteoconductive and/or osteoinductive material, such as a bioceramic
and/or drug. The secondary phase is the carrier phase within which the former
ingredients are homogenously dispersed. To date, a number of carrier materials
have been proposed and tested. Although there are some clear advantages or
disadvantages that could be associated with different types of carriers, the choice
or success of a carrier is also interdependent on the type of material/s it is actually
carrying. The weight, size, morphology, dissolution kinetics, reactivity, charge and
on the type of carrier that can be used in the IBS. As these carriers are non-setting
viscous liquids, they are not impaired by issues such as curing rates or
polymerisation by-products. They are, however, defined by properties such as
degree of viscoelasticity or anti-washout resistance. Although these factors are
assessed for the IBS as a whole, solid and liquid phase combined, the independent
effects of each phase can be deduced, and materials selected accordingly.
Popular carriers for IBSs as cited in literature include hydroxypropyl methylcellulose
(HPMC) – based polymers [112], alginate gels [113], poly(aldehyde guluronate) gels
[114], hyaluronan gels [115], poly(propylene fumarate) (PPF)-based injectables
[116] and composites such as PEG – PLGA [117]. The number of combinations of
liquid polymers mixed to form injectable gels for drug or cell delivery in tissue
engineering applications is extensive. For the purposes of this research thesis we
will discuss the two main components of the liquid phase of the IBS studied here.
1.2.3.2.1.1. Glycerol
Glycerol is a naturally-occurring, strongly hydrophilic, polybasic alcohol, that has a
diverse range of applications in medicine, from assisting water retention in severe
cases of vomiting or diarrhea, reducing brain pressure in cases such as encephalitis,
or as weight loss supplements. Glycerol may also be referred to with different
names, including the commonly used glycerine. Since 1949, when the cryoprotective properties of glycerol was first discovered, glycerol has been used as a
tissue-preserving medium [118]. Glycerol is also soluble in water, as hydrogen
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bonding of water molecules to the hydroxyl groups in glycerol occurs. Furthermore,
glycerol is an organic, non-toxic material which further supports its suitability as a
carrier material in IBSs. Glycerol is commonly used in IBSs as the or part of the
carrier phase as it is an additive that is known to improve the viscidity of the IBS,
decreases interactions between particles to assist homogenous mixing of phases,
and prevents separation of the liquid and solid phases [119].
Glycerol has been used previously as a carrier material in both setting and nonsetting IBSs. In setting pastes, such as the calcium phosphate cement-glycerol
pastes studied by Rajzer et al. [120], the hardening of pastes occur due to glycerolwater exchange, where following dissolution reactions precipitated crystals become
entangled and thus cause hardening of the cement. By embedding the constituents
of the CPC into glycerol, it has been possible to develop CPCs that are injectable
and which self-set in situ when they come into contact with physiological fluids (due
to the dissolution of glycerol) [121]. One study found that of the various carriers
(glycerol, polyethylene glycol and polypropylene glycol) tested as the carrier phase
of pre-mixed calcium phosphate cements based on α- tricalcium phosphate and
calcium dihydrogen phosphate monohydrate, those that were composed of glycerol
had higher compressive strength and were more cohesive [122]. Whilst glycerol may
improve the injectability and setting time of injectable bone cements, they have been
shown to also cause a decrease in material properties [123].
There are examples in literature, as well, of non-setting IBSs in which glycerol has
been used in the liquid phase. Glycerol alone, does not appear to have any influence
on the repair of bone defects when applied as a sole material [124], however, it has
been shown to positively influence the consistency and handling of a non-setting
IBS.
In a chitosan/hydroxypropyl methylcellulose/glycerol composite IBS, glycerol was
included as it would promote, at specific concentrations, the formation of
hydrophobic regions in the HPMC-based carrier phase of the IBS, thereby lowering
also its phase transition temperature so that gelation of the IBS could be achieved
at body temperature [125]. One commercially-available product, GraftonÔ
(Osteotech, Eatontown, NJ, USA), uses glycerol as the carrier matrix for its insoluble
collagen-proteins mix obtained from demineralised human bone. Another DBMbased non-setting IBS which uses glycerol as a carrier is Viagraf (Smith and
Nephew). The reason for including glycerol in injectable bone substitutes is that it
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has a hygroscopic nature acting as a humectant (i.e. it holds moisture) and therefore
allows preparations to remain ‘wet’ over longer storage times [126].
1.2.3.2.1.2. Poly (ethylene glycol) (PEG)
PEG, commonly also known as poly (ethylene oxide) (PEO) (they share the same
chemical formula and CAS number), is a polyether composed of glycerol monomers,
is another preferred polymer for medical applications. ‘PEG’ is generally used when
the polymer is less than 50,000 Da, whilst ‘PEO’ is used for higher molecular
weights. The interest in PEG in both controlled delivery and tissue engineering
applications has grown rapidly in recent years. One reason for the popularity of PEG
in biomaterials research is its ability to be manufactured into water, oxygen and
nutrients permeable materials, making them ideal for use in tissue engineering
applications [127]. PEG is soluble in water. This is due to the hydrogen bonds
formed between water molecules and the electron-rich oxygen atoms in PEG
chains. In fact, the hydrophilic nature of PEG makes them excellent carriers for
water-free CPCs, allowing them to be stored for long periods of time without
degradation or reaction [128].
PEG based hydrogels in bone tissue engineering are widely popular, for several
reasons – they are highly hydrophilic, bioinert and have outstanding biocompatibility.
Furthermore, their chains are terminated by hydroxyl groups which can be converted
to more reactive groups, allowing the chains to undergo polymerisation and form
networks or polymerise with other species and form functionalised materials. PEG
is also miscible in in other forms of PEG. PEG lends itself to tuning methods which
are used to either further functionalise the chains themselves or create cross-links
between chains as a means of varying rheological performance of the hydrogel
networks. For example, cell adhesion and BMP entrapment and delivery was
achieved with pendant oligopeptide ligands and matrix metalloproteinase,
respectively, in a PEG hydrogel for the repair of bone defects [129]. In another
example of hybrid PEG networks, the successful repair of rat tibial defects using
PEG-fibrinogen hydrogels cross-linked through photo polymerisation, was
demonstrated by Peled et al. [130]. Literature is filled with studies that support the
notion that modified-PEG composites are highly successful in delivering cells to
defect sites for tissue regeneration [131-133].
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In hybrid injectable scaffolds involving PEG, it has been shown that varying both the
ratio and molecular weight of PEG will vary the mechanical properties of material
[134]. Combining PEG with other materials such as poly (propylene fumarate) [135]
or polycarbonates [136]. Furthermore, varying the density of cross-linking between
PEG chains, amongst other factors, is a tool for controlling the degree of
compression and nutrient flow to proliferating chondrocytes encapsulated in PEG
hydrogels [137]. The degradation property of PEG is also usually altered by infusing
other more degradable polymers into PEG systems to increase their degradation
rates. This was achieved by Kaihara et al. who successfully synthetised a cyclic
acetal-modified PEG hydrogel [138], in which the incorporation of terminal cyclic
acetals was found to be an effective way of tuning the degradation profile without
causing the release of acidic by-products upon degradation of the material [131].
PEG-alone hydrogels have previously been found to be pro-inflammatory when not
combined with attenuating additives, are degraded by stimulated macrophages, and
are also some susceptible to oxidative degradation as well [139].

1.2.3.2.2. Bioceramics
Biocompatible ceramics as bone graft substitutes have over a 100-year history of
use, however their popularity grew exponentially after the 1970s. The term
‘bioceramic’ is used in literature to cover glasses, glass-ceramics and ceramics that
are used as orthopaedic implant materials. Most medically-used bioceramics are of
the calcium phosphates family. Calcium phosphate ceramics (CPCs) are used as
alternatives to autologous bone grafts to fill tumour defects, tibial plateau fractures,
spinal fusion, scoliosis surgery etc. [140]. Calcium phosphate-based ceramics make
up for most of the bone graft substitutes in the market as they have a uniquely strong
material-tissue bond and do not form fibrous interfaces as do bio-inert materials. CP
ceramics differ in their composition, which is also a reflection of the source of origin
and preparation method. They can be manufactured into many different forms
including dense or porous (macro-porous / micro-porous) particles or blocks. A
range of fabrication techniques have been previously explored for the preparation
of CP ceramics and some include hydrolysis, hydrothermal synthesis, hydrothermal
exchange (coral-derived ceramics), solid process from bovine bone (ceramised
xenograft), sol–gel processes, spray pyrolysis from natural coralline, and wet
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chemical methods [72]. Conventional CP ceramics are prepared from highly purified
pre-powders in 4 broad stages: 1° Powders are calcined (<900 °C), 2° Powders are
compacted and sintered (1100 – 1300 °C), 3° Cooling (at controlled rates). During
the cooling stage, re-crystallisation and grain growth of the original powder is
observed. The final material is an aggregate of crystals, with redefined chemical,
physical and biological properties.
The calcium to phosphate (Ca/P) ratio of the starting material determines the
physical and chemical qualities of the final CP ceramic synthesised. Generally, low
Ca/P ratios mean faster degradation, and this translates as a rapid loss of strength
in a physiological setting. Slow degradation, however, as seen for HA, prevents the
replacement of the ceramic material with newly formed native bone and is generally
characterised with less bone formation. Moreover, slowly degrading CP ceramics
may give rise to remnants that may later trigger inflammation. It has been found that
the mechanism of degradation for a calcium phosphate based materials is also
directly related to the method of synthesis. Lu et al. explain that whilst sintered
bioceramics show good crystallinity and are degraded by a process dependent on
interstitial fluids, bone cements synthesised via physiochemical crystallisation are
degraded by a cell-driven dissolution process [141]. Different calcium phosphate
ceramics are often combined as a strategy for controlling the degradation rates.
Some popular calcium phosphates and their Ca/P ratios are presented in the table
below:
Table 1. Ca/P Ratios for Popular Calcium Phosphates
Ca/P
2.0
1.67

Name
Tetracalcium phosphate
Hydroxyapatite

1.67-1.50

Calcium-deficient HAP

1.50
1.50
1.33
1.0
1.0
1.0
1.0
0.7
0.67
0.5
0.5

Apatitic tricalcium phosphate
Tricalcium phosphate (α,β,γ)
Octacalcium phosphate
Dicalcium phosphate dihydrate
Dicalcium phosphate anhydrous
Calcium pyrophosphate (α,β,γ)
Calcium pyrophosphate dihydrate
Heptacalcium phosphate
Tetracalcium dihydrogen phosphate
Monocalcium phosphate monohydrate
Calcium metaphosphate (α,β,γ)
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Formula
Ca4O(PO4)2
Ca10(PO4)6(OH)2
Ca10-x(HPO4)x(PO4)6x(OH)2-x
Ca9(HPO4)(PO4)5(OH)
Ca3(PO4)2
Ca8H2(PO4)6·5H2O
CaHPO4·2H2O
CaHPO4
Ca2P2O7
Ca2P2O7·2H2O
Ca7(P5O16)2
Ca4H2P6O20
Ca(H2PO4)2·H2O
Ca(PO3)2

Acronym
TTCP
HAP
CDHAP
ATP
TCP
OCP
DCPD
DCPA
CPP
CPPD
HCP
TDHP
MCPM
CMP

There are four main groups of calcium phosphate ceramics used in medicine.
Calcium tetraphosphate, hydroxyapatite (or hydroxylapatite) (HA), tricalcium
phosphate and dicalcium phosphate, of which hydroxyapatite and β-TCP are the
most widely used. HA is much less resorbable than β-TCP [142-144].
Hydroxyapatite (HA) belongs to the calcium phosphate ceramics group and can be
either coral-based or chemically-derived (Ca10 (PO4)6 (OH)2). Hydroxyapatite is the
primary inorganic component of bone. Ceramics such HA can be produced from
natural sources such as the Porites and Goniopora coralline species through a
hydrothermal exchange reaction that can convert the calcium carbonate coral
skeleton to CP. Synthetic HA is obtained from the precipitation of calcium nitrate
and ammonium dihydrogen phosphate. Clinically, HA presents many benefits
including good mechanical properties, radio opacity and ability to be re-sterilised.
The first successful use of HA as bone substitute dates back to 1951 [145]. In
commercial HA-based products, it is important that each product is uniform in the
Ca-P ratio, particle and pore sizes for reproducible results. HA ceramics are slowdegrading ceramics with clinical reports confirming no radiologically obvious
degradation of HA blocks/granules observed up to 5 years post-implantation [146].
HA and β-TCP are often combined to form biphasic calcium phosphate (BCP) to
optimise their advantages [147]. They are mixed in variable ratios to tailor
degradation rate, mechanical strength and bioactivity to specific applications [148].
There is also evidence to suggest that HA, or HA alone, may not be the best
biologically-interactive material in tissue regeneration applications. One group
compared the in vivo performance of HA and β-TCP porous ceramics of
approximately the same mean pore size (100-300 µm), mean porosity (50%) and
mean interconnection size (30-100 µm), and the results indicated that new bone
growth and calcification rate inside β-TCP ceramics significantly correlated with
increasing density of interconnectedness, whereas this rate did not differ in HA
scaffolds [149]. HA-TCP hybrids possess an excellent bone incorporation capacity
[150].
Tricalcium phosphate (TCP) exists at room temperature in two crystal forms,
namely, α-TCP and β-TCP. α-TCP, is considerably more soluble than β-TCP. Both
α- and β-TCP can be subjected to an amorphisation process the products of which,
when combined with water form cements with very different properties [151].
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Octacalcium phosphate (OCP) is the only non-sintered granular calcium phosphate
(prepared by precipitation methods) that has shown promise as a bone graft
substitute. In one study fine filaments and granular materials in newly formed bone
surrounded OCP aggregates only 7 days post-implantation in mice [152], and in
another study synthetic OCP was able to initiate new bone formation in critical-sized
defects both on the implanted OCP away from the defect margin and also from the
margin of the defect to the implanted OCP [153]. OCP has been shown the ability
to serve as a core for initiating bone formation, causing both osteoinduction and
osteoconduction in rat skull defects [153].
There are many parameters that influence the biodegradability, mechanical
strength, cell adhesiveness and bone-ingrowth capacity (bioactivity) of a calcium
phosphate ceramic. These include its crystallinity and crystal size, particle size and
distribution, surface roughness, porosity and pore interconnectedness [143, 144,
154]. Chang et al. demonstrated that different pore geometries in HA cylindrical
blocks each produced different histological changes depending on pore geometry
[155].
The porosity of the final material can be tweaked through the addition (followed by
elimination) of porogens (such as napthalene) in the sintering step. Traditional
sintering, as prescribed, gives rise to pores <100 µm. The sintering process can also
be completed in other ways such as microwave processing. Many sintering
techniques exist for bioceramics such as two-step sintering, liquid phase sintering,
hot pressing, hot isostatic pressing, ultrahigh pressure, microwave and spark
plasma sintering, as extensively reviewed by Champion [156]. Microwave sintering
holds great appeal for calcium phosphate ceramics manufacturers due to the
significantly reduced processing times possible with this method. More importantly,
authors report that smaller grain size, higher compressive strengths and overall
better architecture within calcium phosphate ceramics can be obtained with this
method, in addition to significantly reduced processing times which holds
commercial appeal [156-158]. The biocompatibility of ceramics prepared with
microwave sintering also appear to be unaffected [159, 160].
The bioactivity of bioceramics is the degree to which the synthetic material can
communicate with and conduct local proteins and cells toward new bone production.
The mechanism of interaction is initiated by the recruitment of Ca2+ and PO42- ions
from surrounding bone tissue as well as releasing them from the ceramic itself. This
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ion deposition on the surface of the implanted ceramic forms a biological apatite
layer. The apatite crystals bond and work with the local proteins (e.g. collagen) and
factors (e.g. growth factors) present in the extracellular matrix to form a biological
interface with the host tissue. Meanwhile, osteoblasts, other cells of the osteogenic
lineage and angiogenetic migrate into the material, attach, differentiate and
proliferate, depositing newly formed bony matter. Running simultaneous to these
events is the disintegration of the bioceramic through catabolic cellular mechanisms.
Cellular breakdown of the material by giant cells and macrophages is mediated
through the chemotactic agents present in the apatite HA layer formed. Direct
contact between material and tissue is important otherwise the implant material
experiences the interposition of a fibrous layer that blocks bone tissue infiltration.
The degradation rates of bioceramics must harmonise with the rate of bone
formation and any degradation products must not cause any cytotoxicity to the cells
at work within and around the implanted material.
CP ceramics, particularly porous CP ceramics, suffer from poor mechanical strength
under shear and tension, with limited capacity for compressional loads as well. They
are thus usually not indicated for constrained or load-bearing areas. CP ceramics
may therefore be offered in combination with other biocompatible synthetics that
can aid the overall mechanical performance of the implant. Hybrids with
polysaccharides such as chitosan have produced encouraging results. A
biodegradable scaffold composed of β-TCP, chitosan and gelatin developed by Yin
et al. displayed improved compressive strengths and potential use for non-loadbearing applications [161]. The 2006 work by Ding, however, found that a
CaP/chitosan ratio of 5% by mass to volume in the composite achieved the
significantly highest bending strength with any further CaP ceramic addition yielding
poorer outcomes [162]. The study highlights the notion of optimal ceramic-polymer
ratios. The mechanical properties of a CP ceramic are also highly dependent on the
manufacturing process used during production. Laasri et al. present the influence of
powder manufacturing and sintering temperature on densification, microstructure
and mechanical properties of β-TCP [163]. They explain that properties such as
hardness and flexion toughness decrease with higher sintering temperatures, even
though higher densities are obtained. Properties such as hardness, fracture
toughness and Young’s modulus, however, increase in direct proportion to sintering
temperatures, up until 1160 °C. Thermal-activated grain growth, the presence of
30

micro-cracks and pores were thought to relax residual stresses in the material. This
study is a prime example of the sensitivities of bioceramic mechanical properties to
manufacturing parameters.
1.2.3.2.1. Bioactive Glass
Bioactive glass (BG), has become an increasingly popular bioceramic for both the
clinic and scientific research. The interest in bioactive glass was first stimulated by
Larry Hench in 1969 when he was able to demonstrate its superior ability to
chemically bond with and stimulate bone regeneration. This first bioactive glass
material, referred to as Bioglass® (trademarked by the University of Florida),
Hench’s Bioglass® or 45S5, was composed of 46.1 mol.% SiO2, 24.4 mol.% Na2O,
26.9 mol.% CaO and 2.6 mol.% P2O5. Bioactive glasses have not received the same
wide commercial uptake as calcium phosphates such as tricalcium phosphate or
synthetic hydroxyapatite due to some of the manufacturing limitations experienced
initially with Bioglass® 45S5. Today, several fabrication techniques have been
developed to process melt- and sol-gel- derived bioactive glass into porous or solid
particles, blocks or scaffolds for bone tissue engineering applications. The potential
uses of bioactive glasses have increased by combining them with polymeric
materials, producing a material that is no longer incapable of cyclic loading due to
its brittleness, but rather more aligned to the mechanical characteristics of native
bone.
The extremely strong bonding of Bioglass® 45S5 to bone is thought to be facilitated
through the exposure of hydroxycarbonate apatite (HCA) (formed after initial
dissolution) which interacts with collagen fibrils in the tissue matrix and prompts new
bone formation [164, 165]. Calcium phosphate nucleation on Si-OH groups
precedes HCA nucleation on glass surfaces, and the degree of HCA nucleation
depends on silica content (essentially the connectivity of the network) and the
presence of other glass-modifying ions [166]. The bone forming ability of bioactive
glass occurs through the adsorption of proteins to the HCA layer, which conducts
cell attachment and differentiation and finally ‘osteoproduction’ [167]. Furthermore,
its osteoinductive properties have been attributed to the release of dissolution
products such as soluble silica and calcium ions which go on to stimulate osteogenic
cells to produce more bone matrix [168]. Also, cation release during dissolution
increases local pH which in effect gives bioactive glass its antimicrobial quality [169].
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The effect may even be enhanced by introducing silver ions into the glass structure
[170]. Strontium-doping of BG has also been shown to inhibit osteoclast activity
whilst promoting osteoblast metabolism [171]. Bioglass® 45S5-coated PLGA
scaffolds doped with vascular endothelial growth factor also demonstrated better
mitogenic stimulation of endothelial cells compared to uncoated samples, signifying
the contributions of bioactive glass towards angiogenesis in bone repair [172]. For
these reasons, bioactive glass is deemed ‘bioactive’ as it imparts many benefits to
the bone repair process.
There are several classes of bioactive glass: silica-based, phosphate-based and
borate-based. Each composition of bioactive glass has its own advantages and thus
suitability for specific applications, although there is, to date, no bioactive glass that
has performed better than the original Bioglass® 45S5 composition, bar the difficulty
in creating fibres, scaffolds or coatings. Its application falls into 4 main categories:
monolithic medical devices, particulates for bone regeneration, hypersensitivity
treatment in oral care and coating for implants. Bioglass® 45S5 has been available
commercially in the forms of Middle Ear Prosthesis (MEP®) [173], Endosseous
Ridge Maintenance Implant (ERMI®) [174], and orbital implants [175]. The history of
Bioglass® 45S5 in bone regenerative medicine began in 1993 as PerioGlass®
(NovaBone Products LLC, Alachua, FL) and has a successful clinical history in
periodontal defects, or for fixation of dental implants [176-179]. Novabone®
(NovaBone Products LLC, Alachua, FL) followed the success of PerioGlass®, as a
synthetic bone graft material for non-load bearing orthopaedic defects (e.g. as a
bone substitute in spinal fusion surgery) [180]. There are several other bioactive
glass-based products currently available including Biogran® (BIOMET 3i, Palm
Beach Gardens, FL) (45S5 composition, but with a narrower (300 – 360 µm) particle
size) and BonAlive® (BonAlive Biomaterials, Turku, Finland) (S53P4 composition).
In oral care, NovaMin® (NovaMin Technology, FL; now owned by GlaxoSmithKline,
UK), a very fine Bioglass 45S5 particulate has been used to combat teeth
hypersensitivity as it adheres to dentine, forming a HCA layer that blocks tubules
within dentine connected nerve endings [181-183]. As a method of preventing fibre
encapsulation of metal implant surfaces and improving the tissue-implant interface
bioactive glass is, in principle, an ideal coating material. However, not only is
bioactive glass biodegradable leaving it to long-term instability of implants, they are
also unable to undergo sintering which is key for a good coating. The crystallisation
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temperature has been reported to be 650 °C for Bioglass® 45S5 [184], and current
research efforts are geared towards developing composites that can overcome the
low-temperature crystallisation problem [185]. Jones presents an extensive review
of bioactive glass-polymer composite materials developed for tissue engineering
and repair applications [166]. Furthermore, BG does not readily match the thermal
expansion coefficient of most commonly used biomedical metals which means
separation between the two materials occurs during manufacturing [186].
There are two main methods of producing bioactive glass. The first is the highly
versatile sol-gel route involving the mixing of compositional precursors which
coalesce to form a gel, silica network which is then dried and heated to remove the
water and alcohol produced during condensation, leaving behind an interconnected
porous glass. Pore sizes typically range between 1 - 30 nm. These nanoporous
glasses (whilst using only a few components), can be further processed to obtain
nanoparticles, powders or monoliths. With higher surface area to volume ratios, they
have higher dissolution rates than melt-quenched glasses. The melt-quenching
technique involves the melting together oxides at high temperatures followed by
quenching and is generally preferred when crack-free monolithic structures are
required.
Numerous in vivo studies confirm the biocompatibility, degradation profiles,
osteogenic behaviour and non-cytotoxicity of bioactive glasses. The degradation
rate of bioactive glasses depends on graft morphology, size, particulate size and
implantation site. In one study [187], bioactive glass of narrow size range (300 - 355
µm) showed a superior bone formation capacity. Histological analyses revealed the
formation of protective pouches within the particles, within which islands of newly
formed bone were present. The pouches form as a side effect of the corrosive
reactions of the bioactive glass. Oonishi et al. have shown that Bioglass® 45S5
particles (300 - 360 µm) are capable of completely restoring load-bearing defect
sites within 2 weeks [188]. On the other hand, Hollinger et al. demonstrated that
particles (90 - 710 µm) of Bioglass® 45S5 were able to facilitate union in only one of
six critical-sized defects created in rabbit radius [189].
The degradation mechanisms of bioactive glasses are believed to initially be
solution-mediated

dissolution,

followed

by

osteoclast

intervention

[190].

Compositions of 45S5, 52S, and 55S implanted in the distal femoral epiphysis of
rabbits where found in one study to degrade in either in Si-rich remnants or in CaP33

shells [191]. Osteoclast-mediated degradation was also observed. The authors
further concluded that the composition of the substrate influences the types of
multinuclear giant cells which arrive at the degradation site. In vivo models have
been used to prove the safe excretion of Si through urine with no observable
damage to important organs [192, 193].
Bioactive glasses are hard, non-porous materials consisting of silicon with a mixture
of sodium, calcium, phosphate or borate–silicon is the network forming atom. In
silicate glasses the sodium and calcium disrupt the network by forming non-bridging
oxygen bonds. Phosphate is only present in orthophosphate environments, is
rapidly dissolved in aqueous environments and negates the roles of sodium and
calcium when present [194]. The solubility/resorbability of bioactive glasses can be
altered by varying the ratio of sodium oxide, calcium oxide and silicon dioxide.
1.2.4. Design Considerations for Injectable Bone Grafts
Factors such as pore size, porosity and interconnectivity play a paramount role in
the in vivo performance of bioceramics used in regenerative orthopaedics. Pores
allow space for biological and cellular events to proceed toward bone formation. A
pore size of at least 100 µm is optimal for bone growth [195] and pore sizes greater
than at least 200 µm have been shown to facilitate the development of mature
osteon [196]. Porosity, is the degree of distribution of pores throughout a
biomaterial. High porosity presents the challenge of reduced mechanical strength,
and for brittle bioceramics, this becomes a limiting factor. Equally important to
porosity, however, is interconnectivity between pores. Interconnectivity is related to
the vacuous pathways between pores and is essential for supporting vascular
supply to the in-growing bone. Lu et al. [149] propose the concept of interconnection
density as a quantitative approach to measuring the quantity of links between the
pores of porous materials. Working with HA and β-TCP ceramics, they were able to
determine that although 20 µm interconnection size allows cell infiltration and
chondroid tissue formation, this size should be at least 50 µm to ensure new bone
ingrowth inside pores.
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1.2.4.1. Rheological Properties
Rheological properties such as injectability, cohesion and viscosity are of critical
importance for an injectable bone graft substitute. The ingredients of a synthetic
bone paste must satisfy the requirements of all three properties to ensure that a
stable, injectable and clinically-effective biomaterial is obtained. Solids dispersed in
a carrier phase have the tendency to phase separate. The challenge is to determine
the ratio of solid to liquid particles, such that most biological and mechanical
effectiveness of the synthetic graft is maximised, whilst the viscosity is low and
stable enough to allow ease of injection without phase separation. The graft itself is
expected to not disintegrate or wash away once within the physiological
environment of the body and thus cohesion vs velocity becomes another
interplaying issue. All bone paste materials are thus designed to be of:
1. viscosity that requires only a reasonable amount of pressure for injection
2. chemical cohesiveness sufficient to prevent phase separation (for multi-phase
pastes) during application
3. anti-washout quality which is generally achieved via additives that promote
viscosity or cohesiveness.
To date, there is no universally accepted single definition of injectability. The
concept of injectability varies between various studies, however, some common
approaches state that injectability is:
- related to the force required to be applied to the syringe for material to be ejected
(independent to the fact that force is a function of syringe size) [197]
- related to a specific cannula size (typically <0.1 mm for minimally-invasive
surgeries) below which the paste cannot be fully injected anymore [198]
- related to the ability of the paste to remain homogenous under pressure of injection
i.e. no phase separation (which results in filter-pressing (discussed later)) occurs
[199]
- related to the recorded mass of the extruded paste compared to the original mass
of the total paste in the syringe prior to extrusion [70, 200]
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Baroud et al. [86] explain the underlying pressure mechanism of injectability as a
two-step process: a) the pressure required to overcome the yield stress of the paste
and trigger paste flow and b) the pressure required to maintain the flow of the paste.
The former is a parameter that has not been widely explored in literature and the
latter is a direct reflectance of paste viscosity.
This is particularly true for biphasic pastes composed of a hydrogel and fine ceramic
particles where upon ejection from a syringe, the flow of the liquid phase (hydrogel)
surpasses the flow of the solid phase (ceramic particles) leaving the solid phase to
remain within the barrel of the syringe whilst the liquid phase is ejected. Previous
studies have found that such phase separation results in a thick, wet powder rather
than paste forming at the plunger, preventing its motion (also known as filterpressing) [201-203]. As the solid-liquid phase separation phenomenon follows the
principles of high-low pressure gradients (from the plunger to the canula tip,
respectively), the effects observed are dynamic i.e. more wet powder forms as the
plunger is pushed and the liquid phase is ejected. Consequently, valuable synthetic
graft material is lost - a highly problematic situation during surgery.
Several studies have contributed to understanding the key parameters that impact
filter-pressing. In a study performed by Bohner and Baroud [201], it was found that
reducing the size of the particles of the solid phase in calcium phosphate ceramics
significantly counters filter-pressing. Others have shown that the use of rounder
particles or additives also have a positive impact on injectability [204]. Bohner and
Baroud have demonstrated that the LSR and plastic limit may be interchangeably
manipulated to control the viscosity of pastes. The plastic limit is described as the
minimum amount of liquid required to form a paste. The authors describe that a
larger difference between the LSR and plastic limit leads to greater viscosity. To
achieve this, the LSR could be kept high [201, 205], whilst the plastic limit could be
reduced with additives to the liquid phase such as citrate ions or polyacrylic acid
[151, 201, 206, 207]. Ionic modifiers alter the zeta potential of the suspension
leading to an increase in the electrostatic repulsion forces between the solid
particles [208].
The concept of viscosity for non-setting bone pastes or bone cements is in technical
terms a discussion of viscosity as a function of shear stress as these materials are
non-Newtonian fluids [86]. The viscosity of calcium phosphate pastes was first
studied by Bujake [209] who investigated a dicalcium phosphate dihydrate,
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glycerine, and water - based suspension. The particle size of the solids dispersed
in the liquid phase of the paste has been found to be inversely proportional to the
viscosity of the paste, observations made also by other authors [210-212]. Rao and
Kannan [213] observed a yield stress of 5 Pa, and a shear-thinning followed by
shear-thickening behaviour in hydroxyapatite suspensions, which is a finding
supported by other studies that confirm that shear thickening occurs at high particle
loading in calcium carbonate [214] , silica-based [211] and calcite [215]
suspensions.
There are several methods of modifying the viscosity of bone pastes. The first
method is to alter the LSR of the paste. The second option is to vary the particle
size distribution of the solid phase which is possible by varying the milling times of
the ceramic particles. Gbureck et al. [207] reaffirmed the notion that viscosity could
be enhanced through a greater particle size distribution of solid particles. The final
technique is changing the ingredients of the synthetic graft material through the
addition of viscosity modifiers. Several studies have also demonstrated that
polymeric additives such as polysaccharides can increase the viscosity and thus
injectability of bone cements [128] . These additives play a double role in promoting
both higher cohesiveness with lower paste viscosity.
The comprehensive study performed by Baroud et al. investigated the effect of all
three abovementioned factors on aqueous β-TCP suspensions and found a strong
positive correlation between yield stress and viscosity, the addition of xanthan
increased yield stress and viscosity, the addition of sodium polyacrylate reduced
yield stress and viscosity, extended milling of β-TCP particles resulted in higher yield
stress, increasing the LSR caused lower yield stress and lower viscosity [86]. The
results of this study are a valuable insight into the rheological behaviour of nonsetting pastes and considerations for commercial products. For example,
The viscosity of bone filler materials is largely related to and important to the
cohesiveness of the material. Cohesion, also referred to as 'non-decay', is the ability
of the material to keep its geometrical integrity in aqueous solutions. Cohesion is
one of the primary properties of non-setting synthetic bone pastes that must be
tailored to the intended degradation profile for the material. Although a degradation
profile generally addresses the amount of material degraded over a given period,
for multi-component systems a simultaneous degradation of all phases is critical.
The burst release or rapid elution of milliparticles or microparticles from synthetic
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suspensions could potentiate negative in vivo reactions if released in copious
amounts too quickly [216, 217], or otherwise, diminish the expected long-lasting
effect of the biomaterial.
Cohesiveness of injectable bone graft materials can essentially be improved by
factors enhancing the attractive forces between the particles of the material such as
van der Waals forces, and decreasing electrostatic forces (repulsive). Bohner et al.
showed that this was possible through decreasing mean particle size and LSR, and
increasing the ionic strength of the mixing solution [218].
Polymeric substances or hydrogels capable of creating consistent viscosity and
cohesion in injectable bone grafts have received much research interest over the
past decades. The addition of soluble polymers to the liquid phase assists in
preventing the penetration of surrounding fluids and thus the disintegration of the
paste. Various gelling agents such as hydroxypropyl methylcellulose (HPMC),
carboxyl methylcellulose (CMC), collagen and hyaluronan are known to significantly
improve washout resistance and handling properties of injectable bone substitutes
[52, 219-221]. CMC is particularly useful for calcium phosphate-based injectable
bone grafts as this versatile polysaccharide is not only biocompatible and
biodegradable but cathodic in nature and promotes calcium phosphate
mineralisation through the interaction of its carboxyl group with calcium ions [222,
223]. It also has reported benefits such as improved handling and support of bone
formation in calvarial defect models when used as a binder in calcium sulphate
pastes simultaneously carrying de-mineralised bone matrix [224]. Similarly,
hyaluronic acid, one of the most widely distributed glycosaminoglycans in animal
tissues, is proven to increase viscosity and therefore the handling properties of
calcium phosphate grafts due to its high affinity for calcium phosphate [225]. Many
more agents are available for the purposes of enhancing viscosity and cohesiveness
of pastes such as sodium alginate [226] and gelatin [227] and the suitability of the
additive depends on the final application of the product, its reactivity with other
constituents, and for commercial applications, any regulatory regulations or
standards.
1.2.4.2. Handling and Delivery
The commercial success of an IBS is heavily dependent on two major factors –
handling properties and delivery. Handling refers to the ability to install the product
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without any loss of its chemical or physical properties whilst doing so. For IBSs, this
also includes the degree to which the product can be manually moulded or
manipulated to conform it to the shape of a defect site. The cohesive and adhesive
properties play a particularly important role in the maintenance of material
consistency during handling. The method of delivery is also of paramount
importance to the design, function and marketability of an IBS. The clinician is
always interested in a relatively simple delivery apparatus that is easy to prepare
and/or use during implantation. Injectability and viscosity impacts on how well the
material is expelled from the delivery device into the treated area and thus how
much effort is required by the surgeon. Furthermore, high radio-opacity is highly
favourable for optimal control during injection and post-operative examination to
ensure degradation is occurring at the expected rate and that the material has not
migrated. Aside from its chemical, biological and physical performance superiority,
these key requirements also have an immense impact on the handling and delivery,
and largely the popularity of an IBS.
Commercially-available IBSs are available in either pre-mixed forms (‘ready-to-use’)
or are those which require a preparatory step during surgery. It is worthwhile
considering the respective advantages and disadvantages of each form and the
scenarios in which they may be deemed the necessary option. Whilst the time
saved, ease-of-use and the elimination of the risk human error during mixing are
some of the assets of pre-mixed IBSs, the ‘pre-defined’ nature of the products could
be seen as a restrictive feature for some cases. Products that are prepared in the
operating theatre have the added option of combining other therapeutic agents such
as drugs or platelet-rich plasma to the base constituents of the paste, to enhance
healing. Products that require mixing on-site, have the flexibility of including other
therapeutic products such as drugs or platelet-rich plasma as desired or required.
This may be particularly useful in more significant defects that require a boost in
healing mechanisms. Offering this sort of versatility may thus be in the interest of
both the producer as well as the surgeon. Fixed compositions that are unable to
hybridise with other factors retain their popularity in more straightforward treatments
where its inherent capabilities are sufficient for successful bone repair.
The commercial forms of IBSs are essentially influenced by the chemical nature of
the product i.e. whether it is a setting or non-setting paste/composition. Non-setting
pastes are generally offered as single-use pre-mixed delivered via open-bore
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syringes. Prepared, packed, sealed and sterilised during the manufacturing
process, the surgeon receives the end-product made ready for injection. Pre-mixed
IBSs may contain allogenic (demineralised bone matrix, animal-sourced collagen)
and/or non-allogenic (calcium phosphate ceramics) content. There are a large
variety of ingredients that have been used in non-allogenic, synthetic pre-mixed
formulations. The solid phases of currently marketed pre-mixed putties vary from
hydroxyapatite to bioactive glass, whilst carriers range from water to synthetic
binders such as hydroxypropyl methyl cellulose. Such pastes do not pose a time
constraint for application as is the case for cements that experience hardening
reactions. There are two current methods for developing a pre-mixed calcium
phosphate cement. The first is through the use of non-aqueous carrier materials that
prevent hardening of the mixture until it is exposed to physiological fluids. Aberg et
al. [121] have developed a pre-mixed CPC containing glycerol as a carrier, reporting
excellent post-implantation bone growth in rabbit femur defect models. Xu et al.
[228]also report a number of potential premixed CPC formulations consisting of CPC
powder,

non-aqueous

liquid

(PEG

400),

gelling

agent

(hydroxypropyl

methylcellulose) and hardening accelerator (tartaric acid, malic acid, malonic acid,
citric acid, and glycolic acid) that have good setting, strength and osteoblast viability
properties and which harden upon contact with physiological fluids. The second
method for obtaining a premixed CPC, as first described by Grover et al. [229], is a
freeze down approach. The group disclose brushite cement formulations which are
frozen and stored at -80 °C or less immediately after mixing the solid and liquid
components. The researchers report there was no loss of functional performance
compared to the control (unfrozen formulations) and in fact that for brushite cement
formed from the combination of β-tricalcium phosphate with 2 M orthophosphoric
acid solution, freezing increased compression strength (from 4 to 20 MPa) and
reduced setting rate. Such cements do, however, still have drawbacks such the
inability to effectively control the in vivo hardening reaction.
Another delivery option that allows the clinician to dispense the manual mixing stage
for setting CPCs have been previously proposed [230, 231] where the reactive
phases of CPCs are combined inside a static mixer during injection. This removes
the issue regarding time constraints, and the syringe can be discarded if any
problems during the reaction occur. However, cannula blockage is a possibility for
more viscous pastes and the method has been previously described for only
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brushite CPCs (less common than apatite CPCs) [230] and CPCs that contain nonaqueous carriers [231]. CPCs provided as pre-mixed products remains a problem
for the synthetic bone graft industry. Mixing CPC components during surgery could
negatively impact the performance of setting IBSs if the operator uses inappropriate
liquid-to-solid ratios or does not prepare a homogenous mixture.
As mentioned previously, the radiopacity of a biomaterial adds tremendously to its
utility both during delivery and for post-operative clinical observation [232]. An
increase in radiopacity values over time of implanted bone graft materials can
provide information to a clinician as to whether healing is occurring and thus whether
a bone substitute material is osteoconductive or not, as demonstrated by Bucchi et
al. [233]. It has therefore become a growing interest of material scientists to enhance
the radiographic properties of synthetic bone grafts with contrast-enhancing
materials such as iron oxide nanoparticles [234].
Table 2 given below is adapted from Bohner [199] and provides an overview of some
commercial IBSs that are offered in ‘pre-mixed’ or ‘to-be-mixed’ forms.
Table 2. List of commercially-available ‘pre-mixed’, ‘to-be-mixed’ and other
injectable bone graft substitutes (adapted from Bohner [199] with permission
Producer

Product name
Actifuse™

ApaTech
(UK)

Actifuse™ Shape
Actifuse™ ABX

Baxter (US)

TricOs T
TricOs

Berkeley
Advanced
Biomaterials

Bi-Ostetic Putty

BioForm (US)

“Calcium
hydroxylapatite
implant”

Biomatlante
(FR)

MBCP Gel®

Composition
HA, polymer and
aqueous solution1
Silicon-substituted
calcium phosphate and
polymer
BCP (60% HA, 40% βTCP) granules and
Tissucol (fibrin glue) 1
Non-disclosed1
HA powder embedded
in a mixture of
glycerine, water, and
CMC1
BCP granules (60% HA,
40% β-TCP; 0.080.2mm) and 2% HPMC
(Boix et al., 2006;
Gauthier et al., 2005)
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Form
Pre-mixed
Pre-mixed
To be
mixed
Not
disclosed
Pre-mixed

Pre-mixed

Hydr’Os

Degradable
solutions
(CH)

easy graft™

Dentsply
(US)

Pepgen P-15® flow

DePuy Spine
(US)

Healos® Fx
nanoXIM TCP

Fluidinova
(P)
nanoXIM HA
Integra
LifeSciences
(US)

Mozaik
Osteoconductive
Scaffold

Mathys Ltd
(CH)

Ceros® Putty /
cyclOS® Putty

Medtronic
(US)

Mastergraft ®

NovaBone
(US)

NovaBone® Putty

Vitoss Flow
Orthovita
(US)
Vitoss Pack

BCP granules (60% HA,
40% β-TCP; micro and
nanoparticles) and
saline solution
(Biomatlante, private
communication)
β-TCP or BCP granules
(0.45-1.00mm) coated
with 10 μm PLGA, Nmethyl-2-pyrrolydone
(K. Ruffieux, private
communication)
Hydroxyapatite (0.250.42mm), P-15 peptide
and aqueous sodium
hyaluronate solution
(product brochure)
HA (20-30%) and
collagen1
β-TCP (5 or 15%) and
water (company
website)
HA (5, 15, 30, or 40%)
and water (company
website)
β-TCP (80%) and type 1
collagen (20%)
β-TCP granules (0.1250.71mm; 94%) and
recombinant sodium
hyaluronate powder
(6%)
BCP (85% HA, 15% βTCP) and bovine
collagen1
Bioglass and synthetic
binder1
Contains at least
bioactive glass and
saline solution (or blood
marrow aspirate, or
blood)1
Contains at least
bioactive glass and
saline solution (or blood
marrow aspirate, or
blood)1
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Pre-mixed

To be
mixed

To be
mixed
To be
mixed
Pre-mixed
Pre-mixed
To be
mixed
To be
mixed
To be
mixed
Pre-mixed
To be
mixed

To be
mixed

Nanocrystalline HA
Ostim®
(35%) and water (65%) Pre-mixed
(Laschke et al., 2007)
CSD granules and an
aqueous solution
To be
JAX CS
(http://global.smithneph
mixed
ew.com/us/JAX_CS_O
VERVIEW_7221.htm)
Smith &
Nephew (US)
β-TCP granules and an
aqueous solution of
To be
JAX TCP
1.75% CMC and 10%
mixed
glycerol (Clarke et al.,
2007)
β-TCP granules and
To be
Stryker (US)
Calstrux™
1
CMC
mixed
Nanocrystalline HA
(100-200nm) (30%) and
Teknimed
Nanogel
water (70%) (S.
Pre-mixed
(FR)
Goncalves, private
communication)
β-TCP granules and
Therics (US)
Therigraft™ Putty
Pre-mixed
polymer1
BCP granules (65% HA,
35% β-TCP; 0.5-1.0
mm), bovine collagen,
To be
Zimmer (US)
Collagraft
and bone marrow
mixed
aspirate (Bucholz,
2002)
β-TCP (0.075-0.2 mm),
BMT Calsis
To be
Suprabone™ Putty
Hydroxypropyl
(Turkey)
mixed
methylcellulose
1
FDA website (http://www.fda.gov/search.html) – Classification product code: MQV
Osartis / AAP
(GER)

1.2.4.3. Sterilisation Methods
All biomaterials intended for clinical use are classified as medical devices. Medical
devices are required by law to conform to the standards and requirements set out
by local jurisdictions. Medical devices that are to be commercially distributed in the
EU are affixed with the "Conformité Européene" or "European Conformity" mark
(CE), whilst those manufactured or distributed in the US require FDA-approval.
According to the degree of risk a medical device poses to the patient, and according
to the duration and degree of contact time and areas, respectively, a medical device
will fall into a specific ‘class’. Almost all medical devices, particularly implants, are
required to either be aseptically prepared or to be terminally sterilised, to eliminate
any potential biological risk to the patient. The type of sterilisation that a medical
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device such as an IBS is to be subjected to depends on both the requirements of
the medical device class to which it belongs, as well as the nature of the device itself
i.e. materials, durability, function. Aseptic preparation in controlled environments,
alone, is usually insufficient for high risk medical devices (implants). Terminal
sterilisation methods are considered as much more thorough and harsh compared
to aseptic techniques. There are a variety of terminal sterilisation techniques
available to medical device manufacturers however, again, choice is dictated by the
nature of the material/s involved. Whilst most metal and ceramic medical devices
are readily sterilised with conventional methods, polymeric components may
undergo physiochemical changes during sterilisation which could potentially affect
their clinical performance. Historically, steam sterilisation or autoclaves have been
used in clinical setting to sterilise devices, tool and equipment that are heatresistant. More recent methods fall into two main categories: chemical-based
methods (vaporised hydrogen peroxide (VHP, H2O2) and ethylene oxide (EtO) and
radiation-based methods (gamma and E-beam). There are numerous studies which
reveal the effects of these terminal sterilisation techniques for specific biomedical
polymers. Depending on polymer type, material architecture and testing conditions
the results of these sterilisation processes vary, as discussed below.
Ethylene oxide (EtO) sterilisation is applicable to a wide range of materials used in
medical devices or pharmaceutical packaging. EtO gas acts by infiltrating products
and packaging to inactivate and kill cells due to its alkylating effects on sulfhydryl,
amino, carboxyl and hydroxyl groups within the cell [235]. Products are exposed to
this extremely explosive gas mixture in controlled facilities and undergo a threestage process of preconditioning, sterilisation and degassing. Degassing is critical
as all traces of toxic and carcinogenic EtO gas residues must be removed effectively
from the product and packaging. The producer may opt for EtO sterilisation when
the polymer in question is unable to withstand the high temperatures of steam
sterilisation. EtO gas was used in the sterilisation of PLGA fiber membranes, and
results indicated a loss in fiber orientation and morphology, in comparison to no
notable changes in morphological, thermal or mechanical properties when samples
were treated with gamma radiation or UV light [236]. This finding was confirmed by
another study in which PLGA scaffolds were shown to significantly shrink in volume
(60%) with this sterilisation technique. EtO was shown to significantly decrease cell
proliferation rate and gamma radiation caused an increase in degradation rate [237].
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However, Bliley et al. report that polycaprolactone nerve conduits exhibited no effect
of room temperature EtO sterilisation on the bioactivity of glial cell line-derived
neurotrophic factor in Schwannoma cell migration studies [238]. In fact, they found
that EtO sterilisation attenuates the unfavoured burst release of this factor from the
synthetic nerve guides. Nevertheless, EtO treatment raises concerns for any
residuals that may be left on both the manufacturing environment and the product
itself.
VHP sterilisation is a lower-temperature alternative to EtO and offers faster
processing times and simpler setups. Products are placed inside a chamber which
fills with vaporised H2O2 (and low temperature gas plasma) which contacts and
sterilises the material and is later vacuumed from the chamber and converted to
water and oxygen. H2O2 is a known antimicrobial and has been used in the treatment
of many polymeric materials that are heat-sensitive (temperatures in the chamber
do not exceed 50 °C). However, it too has previously been found to cause detriment
to polymeric structures including those of polyurethane, polyethylene and
poly(vinylchloride) [239, 240]. This is largely due to the oxidising effects of VHP
which lead to an increase of free radicals on polymeric surfaces, which in turn effects
its mechanical properties, microarchitecture and bioactivity.
Gamma sterilisation is much faster than chemical sterilisation techniques and is also
suitable for heat-sensitive materials. It involves the transportation of products
around a strong radiation source such as cobalt-60 for a defined period. However,
the high energy radiation causes ionisation and excitation in polymer molecules, the
formation of free radicals due to the radiolysis of water molecules (which pose harm
to living cells). The high energy species produced with this method leads to
dissociation, abstraction and addition reactions which often eventuate as physical
or chemical cross-linking or chain scission in the polymer chains. The resulting
material is one with altered chemical and mechanical properties including changes
to molecular weight, colour, odour, stiffness, chemical resistance and melting
temperature. The dose applied to common polymers range from 4-105 kGy and
depends on the type of polymer. For medical devices, the most commonly used
validated does is 25 kGy. It is known that almost all thermosets, most thermoplastics
most elastomers of undergoing at least one gamma radiation treatment at doses
<50 kGy without significant damage. Polymers that are higher in molecular weight,
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aromatic, amorphous, low-density, have small side groups and have low oxygen
permeability are particularly resistant to the effects of radiation.
Treatment with electron beam radiation has a similar operating principle to gamma
radiation treatment in that products are transported on a conveyor past a window
where machine-generated accelerated electrons contacts the material, causes free
radical formation and thereby kills and micro-organisms present. E-beam radiation
is, however, known to cause molecular weight degradation and crosslinking in
polymers. The degradative effects of E-beam sterilisation, though, is more likely in
thinner polymeric materials due to its limited penetration capacity. Although,
depending on the dose rate and total dose applied, E-beam radiation is sometimes
viewed as less damaging than gamma radiation, studies have shown that it is in fact
in some cases more detrimental to certain material properties. Nuutinen et al. [241]
show that on comparison of the effects of E-beam and gamma sterilisation on selfreinforced poly(lactic acid) fibres, E-beam exposure caused a much greater
decrease in ultimate tensile strength although the intrinsic viscosity and degradation
rate of the polymers were similarly affected (directly proportional to dose) by both
techniques.
The table below taken from the paper by Dai et al. [242] provides a concise summary
of the relative advantages and disadvantages of sterilisation techniques for
biodegradable polymers used in tissue engineering applications.
Table 3. Advantages and disadvantages of sterilisation techniques [242]
Method

Method

Advantages

Disadvantages

Heat

Heat
treatment

Simple, fast, effective, high
penetration ability, no toxic
residues

High temperature, affect the
structural properties of
biodegradable polymers

Gamma

High penetration ability, low
temperature, effective, easy
to control, no residue

E-beam

Low temperature, easy to
control, no residue, fast

UV

Fast, low temperature, low
cost, no toxic residues

Induce structural properties
changes, dose rate is lower than
electron beams, long time
Induce structural properties
changes, electron accelerator
needed, low penetration ability
Not effective, induce structural
and biochemical properties
changes of biodegradable
polymers under long exposure
duration

Plasma

Low temperature, improved
cell interaction, increasing
wettability on surface of
biodegradable polymers, fast

Irradiation

Plasma
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May cause changes in chemical
and mechanical properties of
polymers, leave reactive species

Chemical
treatment

EtO

Effective, low temperature

Peracetic
acid

Low temperature, effective

Ethanol
Iodine
sc-CO2
Novel
Techniques

Antibiotics
Freezedrying

Low temperature, low cost,
no complex equipment, no
toxic residue, fast
Low temperature, no
structural property change,
fast
No toxic residue, no
biochemical property change
Convenient, simple
Low temperature, no
structure property change, no
toxic residue

Induce structural property
change, leave toxic residue,
flammable, explosive,
carcinogenic
Structural and biochemical
properties change, residual acidic
environment
Not effective, structural and
biochemical property change of
scaffolds
Affect biochemical property
May affect porosity and
morphology of scaffolds
Harmful residue, not effective
Not effective, may affect the
biochemical properties of scaffold

1.2.4.3.1. Sterilisation of PEG
As a widely used polymer in biomedical applications, there has been great research
interest in the approaches to sterilising PEG. PEG polymers are known to undergo
random cross-linking between or cleavage of polymer chains when subjected to
ionising radiation such as E-beam or gamma radiation. The absorbed ionising
radiation creates free radicals which facilitate the formation of random chains and
networks of PEG polymers. This, in effect, alters the chemical and mechanical
properties of the material. Many authors have provided interesting outcomes of
testing various sterilisation methods on various PEG-based polymeric structures.
Kanjickal et al. have studied the effects of popular sterilisation techniques (EtO,
H2O2 and gamma radiation) on PEG hydrogels intended as both a drug delivery and
tissue engineering material [235]. Their results showed that the drug release profiles
of the material depended on the drug used, but more importantly, varied according
to sterilisation technique. EtO did not have any effect on the roughness parameter
of the material, however, statistically significant differences were observed for H2O2
and gamma irradiated samples. Although all treatments were found to cause radical
pieces in sterilised samples, H2O2 and gamma-sterilised samples showed much
higher concentrations than EtO treated samples.
Issues regarding oxidation caused by gamma radiation has also been described by
Calvet et al. who researched the effects of sterilisation on star-shaped PEG coated
polymer surfaces [243]. Furthermore, a study exploring the effects of sterilisation
techniques on different polymeric coatings reported PEG coatings (on silicon) less
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than 5% change in thickness for PEG coatings sterilised via autoclave or EtO, whilst
hydrogen peroxide caused at least 30% decrease in thickness for all coatings [244].
The uses of PEG as carriers in synthetic bone grafts has been previously reported
[245]. These reports confirm that the radiation sterilisation of PEG may also cause
cleavage of polymer chains leading to a decrease in molecular weight and melting
temperature of the product. The overall effect observed in these reports is that the
material assumes a softer and more mouldable consistency. In these cases, the
softening of the material due to radiation-induced changes to the PEG-phase is
considered a positive outcome, as viscosity, injectability and handling and delivery
become more apt for the operator of the product.
1.2.4.3.2. Sterilisation of Bioactive Glass
Tablawy et al. [246] have investigated the effects that gamma radiation (25 kGy and
50 kGy) has on the antimicrobial activity of 45S5 bioactive glass intended as a
biofilm eradicator on artificial discs. They calculated an optical energy gap of 4.387
eV for bioactive glass treated at 25 kGy, compared to untreated materials, with a
more prominent band at 230 nm and a new absorbance band at 500 nm poststerilisation, indicating a shift in phase of the material due to radiation exposure.
Also, there was slight increase in the 900–1200 cm−1 region of FT-IR spectroscopy
measurements, again signifying alterations to the chemical structure of treated
bioactive glass. The microbiological studies indicate that gamma-treated bioactive
glass leads to a significant increase in ion concentrations (particularly Si) in culture
medium and overall, treated bioactive glass is more effective at attenuating the
formation of biofilm by microbial species.
Bioactive glass is also used in its nanoparticle forms as drug delivery vehicles.
Research into the effects of gamma sterilisation on the bioactivity, drug-loading and
drug-releasing capacity of nano-bioactive glass show that not only are these
capacities not hindered in gamma irradiated samples, but for 25 kGy doses, drug
release kinetics were improved although this dose was the least successful
(compared to 0 and 50 kGy doses) at adsorbing the studied drug (vancomycin)
[247]. The authors explain this as the result of an increase in Si-OH groups and nonbridging oxygen species on the already negatively charged glass surface at 25 kGy,
impeding binding of the negatively charged vancomycin. The reverse effect was
seen for 50 kGy treated bioactive glass. Intensity of XRD peaks, however, increased
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with increasing radiation doses, with radiation enhancing the formation of an apatite
layer on the glass particles. This study therefore highlights that the change in
behaviour of bioactive glass may not necessarily be directly proportional to
increases in radiation dose.
Another group looked at the effect of gamma irradiation (as well as strontium
substitution) on the bioactivity, cytotoxicity and antimicrobial properties of 45S5
bioactive glass [248]. Their findings concluded that at irradiated bioactive glass
was more prone to dissolution in simulated body fluid and this was accelerated for
sample also containing strontium substitution (used as a means of promoting
antibacterial properties). The researchers attribute this effect to the non-bridging
oxygen species formed by the radiation process. They also concluded that up to a
25 kGy radiation of bioglass did not affect the proliferation of fibroblasts.
1.2.4.3.3. Sterilisation of β-TCP
β-TCP is a ceramic that has an extensive history of clinical use. It has superior
biocompatibility and processability for orthopaedic applications due to its inherent
chemical and mechanical qualities. Gamma irradiation is the known and preferred
method of sterilisation for β-TCP and there are numerous studies supporting this
notion. Turker et al. [249] subjected dental graft materials (β-TCP, bioactive glass
and equine bone tissue) to gamma irradiation and found that β-TCP was the most
gamma-stable material showing the least chemical and physical changes. The
group also compared the effects of EtO and gamma on β-TCP by looking at
resorption times of the dental graft in New Zealand rabbits over 12 weeks.
Resorption and bone formation were faster for the gamma-irradiated grafts than
EtO-sterilised grafts. Sarikaya et al. investigated the effects of gamma irradiation
(25 kGy) on collagen/β-TCP–based synthetic bone grafts prepared via
dehydrothermal processing. SEM imaging revealed appropriate bonding between
ceramic and collagen phases, FT-IR spectroscopy indicated no significant changes
to the ceramic phase though an increase in cross-link density of collagen fibers were
observed and electron spin resonance did not detect any free radicals formed in the
grafts, post-sterilisation [250].
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1.3. Materials and Method
1.3.1. Material Constituents
β-TCP powder was provided by BMT Calsis Health Technologies Co. (Ankara,
Turkey). For the purposes of this study, the β-TCP powder provided was filtered with
a manual sieve to separate the material into a finer ‘powder’ form and a coarser
‘particle’ form. The terms ‘powder’ and ‘particle’ used hereon in are ascribed the
aforementioned definitions. Poly(ethylene glycol) (MW 400, MW 1500 and MW
2000) was purchased from Sigma Aldrich (Germany) and used as is. Glycerol was
purchased from Sigma Aldrich (Germany) and used as is. Bioactive glass (45S5)
was purchased from Mo-Sci Corporation, Mo-Sci Healthcare, LLC and Mo-Sci
Specialty Products LLC (U.S.A) and used as is.

1.3.2. Material Preparation
The injectable bone substitute was prepared by first mixing all of wet constituents
(poly (ethylene glycol) (MW400) and glycerol in a beaker at room temperature. The
beaker containing this mixture was then placed in a water bath set to 60°C and, with
the use of a mechanical stirrer (at 200 rpm for 5 minutes), the high molecular weight
polyethylene glycol (MW 1500 and MW 2000) was added to the mixture. Once the
higher MW polyethylene flakes visibly dissolved in the mixture, the β-TCP powder
and particles and bioactive glass powder was added to the mixture. Stirring
continued until a visibly homogenous paste was obtained. The paste was cooled at
4 °C before transfer to syringes. Previously EtO treated polypropylene syringes (3
cc, 7.6 mm inner barrel diameter), fitted with lubricated silicone plungers, were
manually filled with prepared putty compositions. A total of 5 g of putty was packed
into each syringe. The filled syringes were then capped and stored in ambient
conditions until further use. The gamma sterilisation of the IBS samples were
performed under Co-60-based gamma irradiation. One group of samples were
irradiated at a gamma dose of 10 kGy and the other at 25 kGy. The following IBS
compositions were prepared with this method:
Table 4. Synthesised IBS Compositions
Group

Carrier: Solid (CP+BG)*

Glycerol : PEG

PEG**

Carrier 1 (B11)

50:50

35:65

HHMW

50

*

The

Carrier 2 (B12)

50:50

35:65

LHMW

Carrier 3 (B21)

50:50

45:55

HHMW

Carrier 4 (B22)
Carrier 5 (B31)
Carrier 6 (B32)

50:50
50:50
50:50

45:55
55:45
55:45

LHMW
HHMW
LHMW

Carrier 7 (A31)

40:60

55:45

HHMW

amount of

calcium phosphate (CP) and Bioglass (BG) forming the solid phase of the IBS is not
equal.
**PEG content is separated and referred to as Higher High Molecular Weight
(HHMW) content and Lower High Molecular Weight (LHMW) content.
All formulations given in Table 4 were prepared as gamma-sterilised and non-sterile
counterparts in each group. The prepared IBS compositions were subjected to
various morphological, chemical, rheological and in vitro analyses.

1.3.3. Testing Protocols
1.3.3.1. Scanning Electron Microscopy (SEM)
Scanning electron microscopy is used to obtain high-resolution microscopic images
that can provide qualitative (e.g. phase identification, crystalline structure) or
quantitative (e.g. Energy-Dispersive X-ray Spectroscopy (EDS)) data regarding the
composition of a material. A QUANTA 400F Field Emission scanning electron
microscope (1.2 nm resolution) was used to obtain images of samples at 50x, 250x,
1000x and 5000x magnification. The samples that were used were placed in an
incubator at 37 °C and low vacuum to remove as much moisture from the sample
as possible, as a necessary step for SEM imaging preparation. The samples were
coated with gold-palladium conductive metal and subjected to vacuum in the
preparatory step for SEM.
1.3.3.2. Micro-Computerised Tomography (µ-CT)
To observe macroscopically the phase distribution of composite materials, microcomputerised tomography may be used. µ-CT scanners provide high-resolution 3D
images of a material without damaging the specimen. It is a widely-popular tool for
calculating bone density and other parameters in the field of bone research. µ-CT
data were acquired with a SkyScan 1173 µ-CT unit (Bruker, Kontich, Belgium,
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output 100 kV, electric current 100 μA, voxel 8 μm, 0.5 mm-thick aluminum filter,
360° rotation, rotation step 0.4, scanning time 43 min).
1.3.3.3. Fourier Transform Infrared (FT-IR) Spectroscopy
FTIR analysis in the ATR mode probes the surface properties of materials rather
than their bulk properties, with a penetration depth in the range of microns. This
technique is particularly useful for studying polymer surfaces, especially for soft
polymers. Chemical analysis of the composite material was carried out with an
Attenuated Total Reflectance - Fourier transform infrared spectrophotometer (ATRFTIR) (Perkin Elmer 400, UK) over the range between 4000 - 500 cm-1 at 4 cm-1
resolution averaging 16 scans.
1.3.3.4. Thermogravimetric Analysis (TGA)
TGA is a thermal analysis technique in which the weight loss of a material over time,
in a controlled atmosphere, at various temperature. It is a particularly popular
method for studying the decomposition and thermal stability of polymeric materials.
TGA

analysis

of

prepared

IBS

compositions,

were

performed

with

a

thermogravimetric analyser (SDT 650, TA Instruments) running from 25 - 950 °C at
heating rate of 10 °C / minute in ambient (air) conditions.
1.3.3.5. Washout-Resistance Study
The resistance of prepared IBS compositions against washout or disintegration in
an aqueous environment was tested to reflect potential degradation behaviour of
the materials under physiological conditions. The wells of 12 well plates were
completely lined, to form a pouch, with gauze (1 mm pore size) material of the same
size for each well. 3 mL of ultrapure water Type 1 (Direct-Q and Direct-Q 3 UV) was
added to each well. 0.5 g of each IBS composition previously prepared (n=3) and
weighed was gently placed into each well. The plates were placed into a
thermoshaker incubator (Thermoshake, Gerhardt, Laboshake, Germany) at 37 °C
and 20 rpm agitation. The samples were removed, contained inside the gauze pads,
at 1 h, 6 h, 12 h and 24 h time points, and weighed. The total time taken to weigh
all samples was kept to 15 minutes, at each time point. To minimise the effects of
water absorption by the gauze material, each pouch was dabbed gently on
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absorbent paper 3 times before weighing. The amount of material washout was
calculated according to the following formula:

Washout % =

+,-.-/01 203345-/01 2033
+,-.-/01 2033

× 100

Equation 1

All experimental results were expressed as the mean ± standard deviation (SD) for
n > 3. The difference between the groups was determined using repeated measures
analysis of variance (ANOVA) with a Bonferroni post-hoc test, and p < 0.01 (due to
violation of homoegenity) were considered to be statistically significant. A paired ttest was also used to compare differences between IBS groups.
1.3.3.6. Cohesion Study
To determine the amount and release profile of calcium ions released from the IBS
composites in aqueous environments, 0.5 g of each composition (n=3), was added
to 25 mL falcon tubes containing 25 mL of ultrapure water Type 1 (Direct-Q and
Direct-Q 3 UV). Each sample was added to the falcon tubes by placing the material
at the surface of the water and allowing the material to sink to the bottom. The tubes
containing the samples were placed in a thermoshaker incubator (Thermoshake,
Gerhardt, Laboshake, Germany) at 37 °C and 20 rpm agitation. At each predetermined time point samples were removed from the incubator and 2 mL of
supernatant was collected with a pipette from each falcon. To reduce the time and
costs associated with the planned cohesion analysis, the supernatants collected
from each sample group at a single time point were pooled to form a total of 6 mL
aliquot. The total sample collection time was kept to 15 minutes at each time point.
The collected samples were then analysed via Inductively-Coupled Plasma Optical
Emission Spectrometry (ICP-OES) (Perkin Elmer Optima 4300DV) to measure the
amount of calcium species eluted over time from the samples incubated and
agitated in ultrapure water.
1.3.3.7. Injectability Study
Injectability of an IBS can be performed with various methods, all of which involve
observations of how much of the material is extrude from a syringe or spread across
a surface, when subjected to a predetermined load. Injectability of the prepared IBSs
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was analysed using a universal testing machine (Zwick/Roell Z250), with three
repeats tested per group. Each syringe containing an IBS composition was placed
in a custom apparatus under the load cell of the machine. The syringe barrel was
then loaded with a 100 N load and compressed at a crosshead speed of 1 mm / min,
in ambient conditions. Data in the form of plunger displacement (mm) vs applied
force (N) was collected from the experiment. The maximum applied for was taken
as the maximum injection force required during the injection/application of the IBS.
All experimental results were expressed as the mean ± standard deviation (SD) for
n > 3. Statistical evaluation of the results was performed using a two-way analysis
of variance (ANOVA) with a Bonferroni post-hoc test, and p< 0.05 was considered
statistically significant. The analysis of variances revealed a violation of
homogeneity as determined by a significance of p<0.05 in the Levine’s test of
equality of variances.
1.3.3.8. Viscosity Study
To evaluate the rheological properties of the synthesised IBS compositions, a
rheometer (TA Instruments ARES Rheometer) was used in a parallel plate-plate
configuration, operating in a frequency sweep mode in constant ambient conditions.
Data obtained from the device and analyses included modulus of storage modulus
(G’), loss modulus (G’’), complex viscosity (η*) and tan δ (dampening factor). Both
gamma-sterilised and unsterilized samples were tested from all groups so as to
observe the effects of ionising gamma-radiation on the viscosity of the synthetic
bone graft material.
1.3.3.9. In Vitro Study
Cytotoxicity tests were performed according to ISO 10993-5: Biological evaluation
of medical devices standard. Within this scope, a L929 mouse fibroblast cell line
(NCTC clone 929, ATCC, USA) recommended by the relevant standard was used
in this study and the sample preparation was performed according to 'ISO 1099312: Sample preparation and reference materials'. As the ISO 10993 standard
recommends for composites, where possible, materials should be accepted to test
as a single material rather than its individual components. For this purpose, the
materials proposed in this study was accepted as a composite material regarding to
its contents. When the constituents of the resulting material were evaluated for
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cytotoxicity test, it has been found that both glycerol and PEG are hygroscopic and
hydrophilic polymers in the light of the previous literature studies. The definition of
hydrocolloids also encompasses hydrophilic polymers that are able to form
gels. Hence, relevant part of the standard for hydrocolloids has been taken into
consideration. The standard recommends first performing a water absorption test
to see the amount of water that 2 g of the material absorbs. The standard states that
the amount of extraction medium to be used will then be 20 mL greater than this
absorbed amount. The IBS developed here was found to absorb water at a rate of
2 mL per 2 g of IBS. Therefore, an extraction ratio of approximately 2 g per 22 mL
(i.e. 0.09 g of sample per 1 mL of culture medium) was calculated.
Briefly, 90 mg of gamma sterilized test materials were dispersed in 22 mL DMEM
High Glucose (Capricorn, Germany) medium and incubated at 37 °C in 95%
humidity in a carbon dioxide incubator for 24 hours. In some groups, incubation
period was prolonged to 48 and 72 hours to assess the effect of incubation period
on cytotoxicity. In parallel to this, the cells were expanded by using Dulbecco’s
Modified Eagle’s Medium - high glucose (DMEM-High Glucose) supplemented with
fetal bovine serum (FBS) (10% v/v), antibiotic-antimycotic (AA) (1% v/v) and Lglutamine (1% v/v). All materials used within the analysis were purchased from
Capricorn, Germany. The study was carried out in a 24-well culture plate that
contains 2.5x104 cells in each well.
The filtered extraction medium was supplemented with the serum, antibiotic and Lglutamine at the abovementioned ratios and allowed to react with the cells in the 24
well culture plates and the cells were further cultured for 24 hours. At the end of the
incubation period, the culture media on the cells was discarded and 600 μL of serum
free, antibiotic-free medium containing 60 μL MTT (5 mg/ mL) were added and
subjected to 4 hours of incubation. At the end of the incubation period, 200 μL
DMSO was added to the wells in which the medium was removed from each well to
dissolve the formed formazan crystals. Subsequently, 200 μL samples were taken
from each well and read in a 96-well culture dishes at 570 nm (BioTek, USA). The
viability of the control cells was accepted as 100% and the viability of test groups
was computed as a percentage of the control group. Two-way analysis of variance
(ANOVA) using GraphPad Prism 6 Software was performed to make multiple
comparisons. P values below 0.05 were accepted as significant.
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2. Results and Discussion
2.1. Morphological Analyses - SEM
SEM images of selected sample of sterile (+) and unsterile (-) samples of 50:50 (A)
and 40:60 (B) IBS compositions (B31+, B31-, A31+, A31-; respectively) were
evaluated to obtain information about phase distribution of the various constituents
of the composite material, as well as observe the morphological features of each
composition. In Figure 3 below, an even distribution of the particles infused into the
carrier phase can be seen, indicating that the method of material preparation is
appropriate for obtaining a homogenous material. A more dry and granular
appearance of samples containing a greater amount of carrier (B31+ and B31-),
compared to samples with a lower carrier content, is apparent. At closer inspection
at larger magnifications, such as 250x or 1000x, this feature becomes more
apparent. Clusters of larger b-TCP particles are more clearly identifiable in groups
containing a greater carrier phase. Vacuoles in the sample are present in images of
all groups, at smaller magnifications (50x). Considering material composition of the
B31 samples, a smaller amount of ceramic and bioglass particles have a larger
volume of carrier to move around and form clusters in. When subjected to vacuum
in the preparatory steps for SEM analysis, this large carrier content may have been
removed, exposing clumps of particles left behind to form a more vacuous structure.
A higher amount of ceramic and bioglass particles in less carrier volume, as in
samples A31, would have led to a more tightly packed distribution of these particles.
Upon subjection to vacuuming, the little carrier present is removed to reveal an
almost monolithic solid of tightly packed particles. Particles of varying size
distributed throughout the material is seen in all groups, at high magnifications.
Higher magnifications (1000x and 5000x) bring to focus the presence of particles
less than 20 µm in size that have been deposited onto the surfaces of much largersized particles such as those particles of 100 µm size seen in sample B31+ at 1000x
magnification. There is clearly a degree of agglomeration of particles. Particle
shapes range from globular to flakes, with clearer outlines of these shapes
significantly easier to observe in samples B31+ and B31- compared to A31+ and
A31-. There is no visibly comparable difference between sterile and unsterile
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samples of the same group, yielding no evidence of any effects of exposure to
gamma irradiation
The carrier phase of the injectable bone paste consists of polyethylene glycol and
glycerol. Polyethylene glycol has been studied extensively in hydrogel systems as
they are biocompatible, are capable of encapsulating and transporting both cells
[251] and molecules [252]. They are, however, unable to promote mineralisation of
newly formed tissue at implant sites, and thus are usually combined with materials
or factors which do, such as calcium phosphate or calcium phosphosilicate
particles.
B31-

A31+

5000 x

1000 x

250 x

50 x

B31+
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A31-

Figure 3. SEM images of IBS compositions B31 sterile, B31 unsterile, A31 sterile
and A31 unsterile (groups left to right), at 50x, 250x, 1000x and 5000x
magnification (top to bottom)
2.2. Morphological Analyses - µ-CT
The 3D images of samples A31+, A31- , B31+ and B31- obtained from the µ-CT
scanner are given below in Figure 4. Firstly, features that may arise from the amount
and placement of the material onto the scanner platform, will be ignored to compare
samples on features that are not dependent on such physical and human factors.
With inspection of the surface characteristics of the materials in the images below,
a uniform material composition is seen in all samples. The visible surfaces of the ‘B’
groups, however, have a more speckled (white) appearance. The whiter, more
radio-opaque spots seen in the specimens are attributed to the ceramic particles in
the material. ‘B’ groups have, however, less ceramic content. Although there is no
evidence of agglomeration of calcium phosphate or bioglass particles in the carrier
matrix as seen in the µ-CT images for the representative samples, the impact of
inhomogeneous distribution of particles, if any, will be revealed in rheological
analyses. Morphological or compositional inhomogeneity has previously been
shown to hinder the mechanical and rheological performances of ceramic-polymer
systems [253, 254]. There was no visible difference between sterile and unsterile
samples of either group.
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Figure 4. Micro -CT scans of sterile A31 (A), unsterile A31 (B), sterile B31 (C)
and unsterile B31 (D)

2.3. Chemical Analyses - FT-IR Analysis
ATR-FTIR analysis was used to identify the key chemical groups present in the IBS
and whether gamma irradiation had any effect on their chemical composition.
Chemical groups were identified based on their characteristic absorbance peaks at
specific wavelengths, as given in literature. ATR-FTIR spectra of samples B31+ and
B31-, selected as representative samples, are given in Figure 5. The ATR-FTIR
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spectra of all other chemical constituents of the IBS have been provided in the
appendix and used as reference information. In the FT-IR spectrogram of the IBS
absorbance peaks seen at 1023 cm-1 and 1107 cm-1 were attributed to the Si-O
stretching in the 45S5 bioglass additives within the composites. The typical peak
between 400 - 500 cm-1 (usually around 460 cm-1) due to Si-O bending in 45S5
bioglass was present in the spectrogram of bioglass (487cm-1), however, it was not
found in the spectrogram for the IBS. The scan range was, however, only between
4000 - 500 cm-1, therefore a second peak due to Si-O bending in bioglass may be
absent in the IBS spectrogram if it occurred at a wavelength between 400 - 487 cm1

.

The characteristic FT-IR spectra for PEG has been cited in literature [255]. PEG has
two characteristic strong absorbance peaks which indicate the presence of
saturated carbons (CH2CH2)n. The first is typically seen at around 2886 cm-1 due to
the stretching of alkanes, and this peak has appeared at 2886 cm-1, 2882 cm-1, 2882
cm-1, 2884 cm-1 and 2883 cm-1 in PEG400, PEG1500, PEG2000, unsterile putty and
sterile IBS spectrograms, respectively. The second strong absorbance peak
appears at about 3400 cm-1 and is due to the stretching of the hydroxyl group. This
peak appears at 3446 cm-1, 3414 cm-1, 3424 cm-1 for PEG400, PEG1500, PEG2000,
respectively. This peak appears to have shifted to about 3326 cm-1 for both sterile
and unsterile IBS samples. There are also many other characteristic peaks for PEG,
such as those that may be seen at around 885 cm-1, 944 cm-1, 1096 cm-1, 1287 cm1

, 1296 cm-1, 1349 cm-1 which can also be identified in the sterile and unsterile IBS

spectrograms. The C-H scissor bending between 1450 - 1292 cm-1 is evident in all
of the various PEG types with absorbance peaks seen at 1324 cm-1, 1340 cm-1,
1341 cm-1, 1349 cm-1, 1359 cm-1, 1414 cm-1, 1413 cm-1. The C-O-C stretching of
PEG usually seen between 1100-1060 cm-1 is seen in the spectra for all of the PEG
types (1095 cm-1 for PEG 400, 1060 cm-1, 1099 cm-1 for PEG 1500 and 1059 cm-1,
1096 cm-1 for PEG 2000, and 1107 cm-1 for all PEG types). Similarly, in the IBS
composition spectra, peaks appear at approximately 1100 cm-1 and 1060 cm-1. The
effects of C-O stretching of alcohol at 1250 cm-1 is present in the spectrograms of
both the IBS samples and each PEG type.
The key absorption bands for β–TCP include 947 cm-1, 974 cm-1 and 1120 cm-1.
The spectrogram for β–TCP and both sterile and non-sterile IBS samples exhibit
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these characteristic peaks. Bands at 603 cm-1, 565 cm-1, 1094 cm-1, 1032 cm-1 are
usually characteristic of PO4 3- within β–TCP sintered at 1100 °C, and all four peaks
appear in the β–TCP and IBS samples’ spectrograms. For β–TCP ceramics, bands
at 725 cm-1 and indicate the presence of P2O74- (characteristic to calcium
pyrophosphate phase). A peak at this wavelength is more pronounced in the IBS
samples’ spectrograms than in the β–TCP spectrogram used for reference.
Glycerol FT-IR spectrograms display a broad range of peaks between 600 – 3000
cm-1 caused by stretching of O–H bonds with either inter or intra-molecular hydrogen
bonds [256]. Other key peaks include that related the intense CO stretching at 1735
cm-1 in OH groups. In our FT-IR results for glycerol, we see peaks at 3292 cm-1,
2932 cm-1, 2879 cm-1 and 1030 cm-1, amongst others. We have identified the peak
at 1030 cm-1 in the IBS FT-IR spectrogram as well.
Sanjeeva Rao et al. [255] have reported that in their FT-IR analysis of pure and
gamma-irradiated PEG samples they observed a change in intensity of 1720 cm-1
and 1680 cm-1 absorption bands, and that the intensity of the peaks showed a
gradual increase with increasing radiation dose. There were no significant
differences observed between the FT-IR spectra of the synthesised unsterile and
sterile IBS (subjected to 25 kGy radiation). The key absorbance bands remained
almost identical for both samples, which indicate that the dose of gamma irradiation
selected for sterilising the IBS does not cause any observable changes to the
chemical composition of the synthetic bone graft material.
FT-IR results indicate that the resulting composition of bioglass, β-TCP, PEG and
glycerol retains the chemical properties of the individual constituents before and
after exposure to gamma sterilisation. Furthermore, a pronounced peak in the IBS
spectrograms at approximately 3400 cm-1 indicate some chemical activity in the OH region of PEG, signifying the possible formation of a network between the PEG
chains in the IBS formulation.
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Figure 5. FT-IR spectra of sterile and non-sterile IBS
2.4. Thermal Analyses - Thermogravimetric Analysis
The TGA thermograms obtained for each representative IBS samples are given the
figures below (Figure 6, Figure 7, Figure 8 and Figure 9). The TGA results for the
various IBS compositions prepared show that between groups A31 and B31 the
thermograms display the same general trend. The overall weight loss (%) seen in
the thermograms below, for samples sterile A31, unsterile A31, sterile B31 and
unsterile B31 are 40.880 %, 40.937 %, 49.724 % and 49.988 % respectively. This
translates to a final residue of the material of approximately 60 % and 50 % for group
‘A’ and ‘B’ samples, respectively. As there is a greater amount of polymeric carrier
in group B samples, a higher degree of weight loss is expected in these samples.
Group A samples were included in this study to confirm the carrier-based increase
in thermal decomposition phenomenon occurred. The proportional decrease in
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weight loss with a greater carrier phase shows that the material preparation method
used has successfully produced homogenous phase distribution in the prepared
samples. Group B31 samples were chosen as representative samples to showcase
the thermal decomposition of the lowest HMW PEG and highest glycerol-containing
sample group of all the formulations prepared, for reasons discussed below.
The TGA thermograms reveal that thermal decomposition of B31 samples begin
long after the physiologically and clinically relevant temperature of 37 °C. In all four
samples the initial decomposition temperature (IDT) is approximately the same i.e.
150 °C, which is usually attributed to the removal of solvents or moisture from the
sample. Although the IDT represents the initial point of decomposition of a material,
it provides only a partial analysis of the thermal stability of a material. Whilst the
profile for weight loss with increasing temperature may appear similar amongst
different samples, the change in the molecular weight of the sample constituents
with increasing temperatures, particularly those exposed to gamma radiation, may
be different. The thermograms show that there is almost no difference between
gamma-sterilised and unsterilised samples in either group A or group B samples,
which means that the choice of terminal sterilisation via gamma irradiation at 25 kGy
does not affect the thermal decomposition properties of the IBSs developed.
Smaller molecular weight yet more volatile compounds causing reduced thermal
stability may be formed in some materials when exposed to higher temperatures,
but the weight of the overall samples may remain the same. In literature, the
reported IDT for PEG 400 is 226 °C [257] and approximately 350 °C for PEG 1500
and PEG 2000. Furthermore, when the effect of glycerol on the performance of a
rice straw-starch based polymer was investigated, a higher glycerol content was
shown to decrease the degradation temperature of the composite [258]. A higher
IDT would therefore be expected in formulations of IBS with less glycerol content.
Group ‘A’ samples do not have a D1/2 (half-life temperature) present on their TGA
thermograms as there is only an overall 40 % decrease in material weight
throughout the tests. All samples tested experience a rapid and dramatic weight loss
less than 250 °C. Group ‘A’ and ‘B’ samples, irrespective of gamma exposure, reach
their maximum weight loss at this temperature. Therefore, a more rapid
decomposition profile in group ‘A’ samples, whereas a relatively slower rate of
maximum material decomposition, at higher temperatures, is seen for group ‘B’
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samples. The area under the derivative curve provides a qualitative analysis of how
much of the component responsible for a decrease in weight of the total sample has
decomposed. The area under the derivative curve is greater for group ‘B’ samples.
This result correlates with the fact that the weight loss of the total material is
attributed primarily to the decomposition of the polymeric i.e. carrier phase of the
IBS, and as this phase is larger in group ‘B’ samples, a larger area under the
derivative curve of group ‘B’ thermograms is expected.

Figure 6. TGA thermogram of Sterile A31 IBS Composition
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Figure 7. TGA thermogram of non-sterile A31 IBS Composition

Figure 8. TGA thermogram of sterile B31 IBS Composition.
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Figure 9. TGA thermogram of non-sterile B31 IBS Composition
2.5. Washout Study
A washout experiment was performed to gain insight into the disintegration
behaviour of prepared sterilised and non-sterile IBSs when they are exposed to
aqueous environments. The effect of carrier composition and gamma irradiation on
the IBS degradation was investigated. The quantification of disintegration of CPbased bone substitutes in solution have previously been based on mass change in
the sample [259, 260]. Different researchers have employed different weight
measurement apparatuses for this purpose, with the design of the study being
dictated mainly by the type of IBS being tested. In one study [226], the change in
weight of a hydroxyapatite/collagen injectable bone paste before and after soaking
the material in Dulbecco’s phosphate buffered saline for 72 hours was recorded. In
another study, a bone cement was placed in a custom metal mould containing a 6
mm diameter hole at its base, and the mould was suspended in 10 mL of milli-Q
water for 4 hours, after which the supernatant was removed and the sediment was
freeze dried and weighed [261]. The weight of the sediment was compared to the
original weight of the cement to give a material washout value (percentage).
For the IBS developed in this research, a custom anti-washout test method was
designed, inspired by a combination of examples from literature. Firstly, ultrapure
water was used as the disintegration medium to negate the potential disintegrative
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effects of acidic or other reactive species that may be present in traditional cell
culture media. Also, incubation conditions involved the use of an incubator set at
37°C and a shaking platform agitating the samples at a speed of 20 rpm, in order to
simulate, as much as possible, the physiological conditions the IBS will encounter.
Furthermore, gauze material was used to form inserts for submerging the IBS
samples into the ultrapure water. Gauze was utilised due to both ease of its
preparation as well as its accessibility, as we desired to work simultaneously with
triplicates for all 12 IBS groups.
The image in Figure 10 shows the IBS samples inside the gauze that was then
placed into the wells of a 24-well plate containing 2 mL of ultrapure water per well.
The image of the samples was taken after 1 hour of incubation. From gross
observation, there was visible disintegration of the samples at this time point. In fact,
all samples had started to visibly disintegrate at 15 minutes post-incubation (data
not provided). Based on this observation, a 24-hour period of testing was deemed
sufficient, as the material exhibited relatively rapid disintegration in the given
conditions.

Figure 10. Image of sterile IBS samples in ultrapure water after 1 hour of
incubation. B11(1), B11(2), B11(3), B12(1), B12(2), B12(3), B22(1), B22(2),
B22(3), B21(1), B21(2) and B21(3) (from left to right)
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At 24 hours of incubation all the samples had disintegrated almost completely.
Figure 11 is a representative image showing the trace amounts of IBS remaining on
the gauze at 24 hours post-incubation.

Figure 11. Representative sample showing the amount of IBS remaining on
gauze pad after 24 hours of incubation
Plotting the recorded weight of the samples at each time point tested, the timedependent weight loss of unsterile (Figure 12) and sterile (Figure 13) IBSs becomes
apparent. Measurements of weight were recorded at 1, 6, 12 and 24-hour time
points. Comparing Figure 12 and 13, there appears to be a gain of disorder to the
washout profiles for some IBS samples such as B11 and B31 after gammasterilisation, with the curves of the graphs fluctuating in these samples. This alludes
to a structural change at the molecular level that may have occurred in some
sterilised samples. Statistical analyses of the weight loss of samples with time and
under the effect of gamma-irradiation was conducted using a repeated measures
ANOVA test revealed that as expected time did have a significant (p<0.001) impact
on sample weight. There was, however, no statistical significance in the average
weight loss amongst all of the various (sterile non-sterile) IBS groups (p>0.001).
Thus, carrier composition and gamma-sterilisation of these compositions do not
have a significant impact on the final washout of the IBSs, even though very slight
time-dependent fluctuations in anti-washout resistance of the IBS samples is seen
from Figure 12 and Figure 13.
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Figure 12. Disintegration profile of sterile samples over time. Error bars represent
to standard deviation from the mean for each IBS group
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Figure 12. Disintegration profile of unsterile samples over time. Error bars
represent to standard deviation from the mean for each IBS group
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Figure 14 is a graphical comparison of the weight loss observed, as a percentage
loss of original mass (at 1 hour), in various IBS samples. Initial weight was taken as
the average weight of the sample (3 replicates) at 1 hour and final weight was taken
as the average weight of the sample (3 replicates) at 24 hours. In this graph, sterile
and non-sterile IBS samples are compared to see the effects of gamma-irradiation
on the overall washout-resistance of the biomaterial. Compositional effects can also
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Figure 13. Comparison of material loss in various IBS compositions in aqueous
environment. Solid columns represent sterile IBS samples and striped columns
represent non-sterile IBS samples
Firstly, B11 and B12 contain the highest amount of PEG content amongst the
various IBS groups and thus the effects of gamma, if any, would be expected to be
amplified in these groups. These results in addition to those obtained from the
injectability and viscosity studies, reveal that Group B11 and B12 samples behave
differently to other sample groups. In fact, the data shows that gamma-irradiated
B11 and B12 samples have a higher anti-washout capacity. This may be due to
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irradiation-related chain cross-linking in PEG chains, of which there are is a HHMW
amount of in B11 and B12. This is concurrent with the higher injection force and
complex viscosity observed for B11 and B12 in the injectability study, respectively.
Interestingly, amongst all sterilised IBS samples (sterile and non-sterile included)
the most amount of material lost or ‘washed-out’ is seen in groups B21 and B22.
Examining group B21 and B22 alone does not lead to any meaningful comparisons
or deductions, however, in looking at the washout amounts in groups B31 and B32,
a plausible explanation concerning the role of glycerol can be made.
Increasing glycerol content in the IBS carrier was expected, due to its significantly
lower molecular weight than PEG, to increase the amount of material dissolution in
water. Similar to PEG, glycerol is a highly hydrophilic substance and is highly
miscible in water. It also has three hydroxyl groups that are responsible for its
hygroscopic nature. It would be assumed that the low molecular weight of glycerol
allows it to interpose between larger molecules, such HMW PEG chains, increasing
the free volume between the chains and reducing the cohesive tension between
them. As known in industry, due to its low molecular weight, glycerol is used as a
plasticiser to reduce the physical properties of materials. Thus, an increasing
glycerol content should lead to a greater amount of material wash-out (glycerol is
most likely ‘washed-out’ itself) from the original form. However, an increasing
glycerol content in the carrier of the prepared IBS compositions from 45 parts to 55
parts of the carrier (B21 and B22 vs B31 and B32) appears to have a positive impact
on the washout resistance of the pastes. The presence of more HMW PEG, does
improve the washout capacity as sterilised B31 samples have lost more material
than sterilised B32 samples. Therefore, it can be assumed that there are overriding
effects of increased glycerol content on washout resistance when a threshold
amount of glycerol is present in the carrier. The amount of PEG in the carrier or
subjection to gamma irradiation can therefore be rejected as the only key factors
contributing to variance in the washout resistance of the IBS.
Farahnaky et al. [262] provide concurring results by showing that whilst glycerol
increases the solubility of wheat starch edible films when it forms more than 30% of
the material, below this amount, it decreases the water vapour permeability of the
films. Statistically (paired t-test) comparing the recorded weights for sterile B21 with
B31 and B22 with B23 samples at 24 hours post-incubation, no statistical
significance was found (p<0.05). Nor was there a significant difference in the final
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weight of sterile B11 to B31. The study, if repeated with a larger sample size and
sample weight, may produce statistically significant results that may concur with
literature assessing the role of glycerol in IBSs.
Studies given in literature involving a washout resistance analysis of IBSs are mostly
based on investigating the washout behaviour of setting bone cements. Thus, the
use of more intensive incubation and sample agitation conditions (for example, Liu
et al. test their wollastonite/calcium phosphate composite cement in a shaker at 37
°C and shaken at the speed of 120 rpm [200]), as well as larger sample containers
with larger pore sizes is cited in related literature. The method and materials used
for washout analysis in this research project have been adapted to the nature of the
material tested. However, the use of a metal wire mesh of smaller pore size (pore
size of gauze pad was 1 mm) made from a non-reacting metal, as opposed to sterile
gauze material, could potentially have a great impact on the accuracy of the weight
measurements collected in the experiment, eliminating human error during handling
and weighing of the samples. A similar method for non-setting IBSs has previously
been demonstrated by Sato et al. [226].
Important points to note regarding this study is that a larger amount of starting
material, as would be used in a clinical application, could produce disintegration
profiles that are significantly different amongst various IBS compositions. Therefore,
this study should be repeated with samples of greater size, preferably in amounts
that would be typically applied in a clinical scenario. For consideration, the study
can be enhanced with attempts to improve washout-resistance of the IBS with the
addition of hardening agents such as sodium alginate [226]. Also, a qualitative
analysis component to the washout study could be added in future derivative
research, by following the example of Liu et al. [200] and observing the
disintegration of the material in petri dishes (or similar), as opposed to the well plates
that were used here.
From the overall results of this study, we are also able to deduce that the IBSs
disintegrate up to 50 % of their original mass at around 8 hours of exposure to
incubation conditions in a shaker. This rate of bulk material degradation may
produce a burst release of IBS components when placed in vivo. It is important for
biomaterials to degrade at rates appropriate to their intended applications and bone
formation rates. The clinical expectation is that the material remains in the defect
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zone for a sufficient amount of time to ensure that the cells and other agents of bone
repair have sufficient access and exposure to the content of the bone paste, to reap
the benefits of the augmentation material. However, in vitro models are not always
appropriate as a basis on which in vivo performance can be predicted, as discussed
in the Biocompatibility Study section of this thesis. Rapid degradation or burst
release behaviour of biomaterials in in vitro experiments, may not necessarily
translate to toxicity in vivo, where there are many other mechanisms at play. IBSs
are implanted within a confined space in bony tissue where material surface
interactions are maximised, thus the traceability of the microscopic degradation
products of the IBS would be more difficult. In the body, where cellular degradation
is to occur, and degradation products are dispersed through the perfusion of blood
and lymphatic fluids, the degradation of the IBS will depend on a much more
complex interaction of factors that are essentially impossible to re-create in vitro.
Thus, the limitations and implications of an in vitro washout resistance study should
be duly noted.
Weights recorded at 1 hour are actually greater than the 0.5 g of actual IBS placed
into each well. The recorded weight at all time points also includes the weight of the
hydrophilic gauze which contain the IBS samples, and thus initial recorded weights
are greater than 0.5 g. Measurements of all sample weights at all time points were
taken with the addition of the gauze. In other studies, the dry weight of IBSs is
recorded prior to immersion in liquid, and this is compared to the final wet weight of
the sample after a period of soaking in solution. However, the degree of degradation
and types of materials used in cited studies differ greatly from the IBS developed
here. The IBS developed in our study is one that dissolves relatively fast in water
which makes the IBS sensitive to handling after soaking in solution for a short period
of time. Also, unlike other examples in literature, there are no washout products or
remaining structures of the IBS post-soaking that are lyophilised or physically
handled to obtain weight-based measurements of. Furthermore, the amounts of IBS
used for this experiment are relatively smaller than those encountered in literature
as the sheer number of samples included in the study was larger than those
previously reported. This meant that not only was the order of weight change in each
sample was small, but the experiment was also sensitive to manual handling.
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2.6. Cohesion Study
The cohesion of a material can be defined as the degree to which the constituents
of the material remain intact at the molecular and larger level, even under exposure
to detrimental environmental conditions. Similarly, to washout resistance, it is also
linked to the concept of material disintegration. A material that is highly cohesive is
also expected to have a high resistance to ‘washing out’ under irrigation. The
cohesiveness of an IBS can be tested by examining the removal/release of chemical
constituents/s after placing the IBS in media or solution. Both washout resistance
and cohesiveness are tested in aqueous environments to simulate physiological
conditions as closely as possible.
PEG and glycerol were chosen as the carrier materials of the IBS developed and
researched in this study, not only due to their known biocompatibility, but also
because of their high solubility in water. Furthermore, it forms an injectable,
mouldable and degradable IBS when mixed with calcium phosphates and bioglass.
The cohesion capacity of the IBS developed here was tested by not only the elution
of its most fundamental chemical constituents, but also the rate at which its elution
occurred. To this end, we observed the amount of Ca2+ ions released from the
ceramic component of the IBS following the degradation of its carrier, which is the
only quantitative method of cohesion measurement as recommended by Bohner et
al. [263].
Ca2+ ion release from group B11 samples over a period of 48 hours was observed.
B11 was chosen as a representative group. The calcium release of B11 samples
was evaluated over a greater number of time points compared to all other
composition groups that were samples at 1 and 48 hours. Based on preliminary
analysis of injectability, handling and washout-resistance, B11 exhibits the most
favourable properties and was thus chosen as a representative sample of the ideal
IBS. Furthermore, including 10 samples (10 time points) per IBS group in the ICPOES analysis was not practically or economically feasible for the purposes of this
research. Sample aliquots were taken at closer time points initially, to investigate if
a burst-release effect would be seen. Also, to investigate the effects of gamma
sterilisation on bioceramic disintegration both sterile and non-sterile B11 samples
were analysed. The calcium release profile for sterile and unsterile B11 samples is
given in Figure 15 below.
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Figure 14. Calcium ion release from sterile and unsterile B11 samples over 48
hours
From Figure 15 it can be seen that both the sterilised and non-sterile IBS appears
to release similar amounts of calcium over time, post-submersion. The general
calcium release profile for both types of samples is similar throughout the
experimental period. At 8 h, however, sterile B11 releases less calcium than nonsterile B11, and this trend follows through until the end of the testing period. We
speculate that gamma irradiation is potentially stabilising for the ceramic particles
and/or carrier of the IBS. The results from ICP-OES analysis of aliquots taken from
sterilised samples at 1 h and 48 h is given in Figure 16. From this information we
can speculate as to whether the calcium release capacity of the initial samples
increase, decrease or remain largely the same as at the beginning of the study. At
an overview, B11 samples have released the least calcium into the dissolution
media at both 1 h and 48 h post-incubation. B12 has released a much larger amount
of calcium at both time points compared to B11. This may signify the greater
capacity of IBSs with more HMW PEG content at protecting ceramic particles
against exposure to water.
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Figure 15. Amount of calcium release from sterile IBS samples. Light blue columns
represent calcium release from sample at 1 hour, dark grey columns represent
calcium release from sample at 24 hours
At 48 h, B12 is found to have released the most amount of calcium, and B11 the
least. Between HMW samples (B11, B21 and B31) there is an apparent incremental
increase in the amount of calcium released at 1 and 48 hours with increasing
glycerol content (B31>B21>B11). This trend is reversed in the low HMW groups
(B12>B22> B32) for the 48 hour measurements. According to the 1 hour
measurements for B12, B22 and B32 do not appear to follow a composition-based
trend for calcium release. Interestingly, when lower HMW PEG is used the effects
of glycerol as an anti-washout (see Washout Study) or positive cohesion agent
become apparent. According to these results, sample B32 is the overall secondmost cohesive IBS formulation, at both 1 and 24 h post-incubation. More
importantly, we deduce that calcium release does not decrease to a great extent for
any of the samples. This provides some argument for the necessity of long-term
incubation of samples in in vitro testing, to allow for the reduction in ion release in
bioceramic-based biomaterials (see In Vitro Study).
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As the correction-factor method [264] was used to calculate the concentration of
calcium within the solution, the volume of which decreased with each sample
collected, we can negate any concerns of calcium loss due to sampling.
Furthermore, as samples were collected manually (pipetting) at each time point,
care was taken to ensure that the pipette was inserted to approximately 5 mm from
the surface of the solution each time. Also, great care was taken when handling the
samples to ensure the falcon tubes were not agitated enough to cause the sediment
IBS to rise in the solution and leading to measurement inaccuracies.
In literature, the methods of testing cohesion or anti-washout properties of IBSs are
used interchangeably. Bohner et al. [218] provides a comprehensive review of the
theoretical and experimental approaches to testing the cohesion of calcium
phosphate pastes. One interesting custom apparatus for testing cohesion is
presented in the work of Ishikawa et al. [204]. With the custom-apparatus a
continuous and quantitative method of measuring the weight change of the sample
(a 6 g β-TCP powder – 2.6 mL 0.6% xanthan solution mixture over time is made
possible. A sample-containing casing is submerged in distilled water and connected
to a weight placed on a scale. As the IBS leaches from the casing and sediments to
the bottom of the test fluid the weight of the casing registered on the scale changes,
indicating the amount of material that has disintegrated. This method however, and
as agreed by Bohner et al. [218], is not appropriate for flowing pastes but rather
cements.
Bohner et al. [218] have performed a comprehensive study on the cohesiveness of
calcium phosphate based injectable bone substitutes. They have reported two
methods of improving paste cohesion. The first is to decrease the average particle
size of the particle phase, and the other is to, in some cases, add xanthan.
Previously, xanthan has been added to glycerol-based foam, film, aerogel and
xerogel [265], as a cross-linking agent to improve gel cohesion, and xanthan-based
thickeners have also been demonstrated to have high compatibility with PEG [266,
267]. An interesting finding of Bohner et al. [218], was that the addition of HA powder
to β-TCP powder-xanthan pastes, significantly improved paste cohesion, whereas
the addition β-TCP particle to the same paste led to a continuous disintegration of
the paste, reducing its cohesion capacity. Where β-TCP was used as the sole
constituent of the particle phase in the carrier (xanthan or deionised water), a rapid
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weight loss in the paste was observed, whereas the presence of HA or other
additives such as citrate ions showed a more continuous degradation profile. In
another

study,

hydroxyapatite-based

bone

cements

were

infused

with

bisphosphonates as a means of sequestering calcium ions in the cement matrix and
preventing it from leaching into the solution (milli-Q water) in which the cohesion of
the cements were tested [220]. Bisphosphonates have a very strong affinity for
calcium ions and its addition to the IBS was found to dramatically improve the
cohesion of the matrix.
One study found that the addition of HMW PEG to a PLGA-PEG based in situ gelforming peptide delivery system, resulted in a decreased amount of drug release
[268]. The authors suggest that the reason for this could be the effect of PEG as a
cross-linking agent or the formation of PEG complexes formed with HMW PEG
chains that are effective in trapping drugs. These findings are echoed in the results
of cohesion and anti-washout, which parallel the results of injectability and viscosity,
as introducing a greater amount of HMW PEG seems to add cohesiveness and antiwashout resistance to the IBS, as well increase its viscosity and injection force.

2.7. Injectability Study
Although the concept of ‘injectability’ as it is applied to IBSs has long been a topic
of discussion for scientists, for the purposes of this research we analysed the
maximum compressive force that would be required to keep the plunger of the
syringe moving through the barrel until all of the IBS was expelled. The experimental
setup used during the injectability test performed with a mechanical testing machine
is given in Figure 17:
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Figure 16. Experimental setup for mechanical testing machine and syringe
apparatus during injectability tests
To compare the samples, the peak injection force that had to be applied during the
compression of the syringe was used. As the syringes were filled with the IBS (5
g/syringe) via manual methods, air entrapment in syringes led to the self-ejection of
material in some syringes upon removal of the syringe cap. This ultimately affected
the original starting position of the plunger, which was set at 70 mm for all samples
in the software of the mechanical testing machine. As this would affect the validity
of injectability interpretations based on plunger displacement, the maximum peak
force obtained during material ejection from the plunger was used to make
comparisons between samples. The force vs plunger displacement curve obtained
for sample sterile B11 (first of three repeats) is given below as a representative
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graph of those obtained for each sample. For this sample, for example, the peak
force at 73 N was reached at approximately 2.2 mm of plunger travel distance.
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Figure 17. Representative graph (sample B11) graph of applied force vs plunger
displacement
The average peak force obtained from all three replicates of each sample was
calculated and graphed with the standard error of mean. Three research enquiries
were designed for this experiment:
a) does the amount of glycerol in the carrier impact injection force?
b) does the use of less HMW PEG in the PEG phase of the carrier affect injection
force?
c) does gamma-sterilisation of samples affect injection force? More glycerol in the
carrier is expected to have a lubricating effect for the IBS.
Lower high molecular weight polymer chains would also be expected to reduce the
injection force required to expel the IBS. Gamma-irradiation of samples with large
amounts of HMW PEG content would be expected to increase the injection force
required by the IBS.
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Figure 19 provides a graph of the average peak injection forces recorded for sterile
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IBS samples, with dotted columns representing compositions with LHMW content.
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Figure 18. Average Peak Injection Forces for Sterile IBS Compositions. Dotted
columns represent samples of LHMW PEG content

From the graph above we can see a general decrease in the average peak injection
force as the amount of glycerol content increases in both groups with high HMW
and low HMW PEG content. This finding is supported by the known industry
application of glycerol in IBSs for the purposes of improving consistency and
injectability of bone graft substitutes. The exception to this is B31 and B32, where
B32 has a higher average peak injection force than B31. Conducting pair-wise
comparisons, we found that the difference between B31 and B32 is not statistically
significant (p=1), however, B32 is significantly (p=0.04) different to only group B11
samples. Looking at the average mean error of samples within each individual
group, it can be seen that these errors are, particularly for group B22, noticeably
large. It is speculated that varying degrees of agglomeration of bioceramic particles
in IBS samples may have contributed to large mean errors.
Similarly, as hypothesised, lower HMW PEG content reduces injection force for IBS
of the same PEG:glycerol ratio. This is due to the greater resistance to
rearrangement of the longer HMW PEG chains in samples with high HMW PEG
content compared to those samples with a larger content of low HMW content, when
subjected to a force along a single axis. The difference between IBSs with more
HMW PEG and less HMW PEG in their carrier was not found to be statistically
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different between any two IBS groups, although IBS composition overall did have a
significant impact on peak injection force.
Figure 20 also allows for the comparison of sterilised and non-sterilised samples
and the impact of gamma radiation of IBS injectability. The variance of mean peak
injection force between all tested samples was found to be statistically related
mainly (38.4% partial Eta Squared) to IBS composition with IBS composition
showing p=0.031. According to the graphical results, potentially cross-linked sterile
compositions have a slightly higher peak injection force compared to non-sterile
samples. Moreover, only in groups B21, B31, B22 and B32 have unsterile samples
shown a greater resistance to injection than their sterile group members. Sterility
alone, however, was not found to have a statistically significant (p=0.861) impact on
the mean peak injection force recorded. There is a decrease in injection force
proportional to the increase in glycerol content in the IBS in sterile samples, in both
high and low HMW PEG containing groups. This is not seen for non-sterile samples
with non-sterile B21 and B22 producing lower injection force values than other
groups. In unsterile samples, when the glycerol content is kept constant and the
amount of HMW PEG content is varied, as seen with the sterile samples as well,
groups with higher HMW content displayed higher average peak injection forces
than those with low HMW content. Although sterile samples also follow this
relationship, the exception is B31 and B32 as previously mentioned.
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Figure 19. Peak injection forces for all groups. Light grey columns (including
dotted-grey columns) represent gamma-sterilised samples of the same group.
Dotted columns represent samples of LHMW PEG content
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A higher content of smaller ceramic particles may lead to filter-pressing issues. This
is one fundamental reason as to why all samples of group ‘A’ (40:60 carrier to
ceramic + BG) were discarded from rheological, and injectability analyses, as these
samples were found to be completely non-injectable. Therefore, the use of larger
ceramic particle size is one way in which filter-pressing can be avoided or reduced
in injectable materials. Another method may be to ensure that the liquid phase of an
injectable bone paste is chemically-engaged to smaller particles and of a viscosity
capable of keeping smaller particles uniformly dispersed and moving together with
the liquid phase throughout the injection process. The assumption that a higher
glycerol content will lead to lower injection force seems applicable according to the
injectability results from sterile samples, however, contradictory results seen for
unsterile samples are counterintuitive to the expected lubricative effects expected
for glycerol. The negative effects (higher average injection peak force) of higher
glycerol than PEG content seen in unsterile samples, with the absence of the
apparent order that gamma-sterilisation gives to IBS samples as seen in sterile
samples, may be related to the fact that particles of b-TCP and bioglass move freely
throughout the less viscous glycerol, however, under injection pressure, move
slower compared to the glycerol itself, leading to a filter-pressing phenomenon.
Gamma irradiation is known to cause changes in the polymer chains of PEG, either
in the form of chain scission or, more likely, cross-linking. It appears that exposure
to gamma irradiation has given putty compositions proportionality between injection
force and glycerol and HMW content. The absence of this observable trend in the
gamma-negative groups can be explained by a disruption of the fluid dynamics of
the injectable putty when glycerol content exceeds a certain level, and a gamma
induced cross-linked polymer network is not present to stabilise the IBS carrier
matrix. The presence of a greater glycerol content in the liquid phase of the IBS,
(shown to increase IBS viscosity, see Viscosıty Study), may have led to issues such
as filter-pressing as smaller particles moving at a slower speed to that of the carrier
and build up in front of the plunger, creating resistance to its displacement.
The most interesting phenomenon observed in the injectability study is the higher
injection force for gamma-irradiated samples of B11 and B12, compared to
untreated samples. B11 and B12 contain the least glycerol content and have a
significantly increased average injection force (18.32 N for B11 and 9.33 N for B12),
and the results hold true regardless of whether the amount of HMW is varied. For
83

the compositions with greater than 35 parts glycerol content in the carrier phase
(B21, B32, B22, B32), the injection force in post-gamma samples compared to their
pre-gamma counterparts is lower, regardless of whether higher molecular weight
PEG is used. It is a known fact that exposure to gamma radiation can cause changes
in PEG chains, either in the form of scission or in the form of cross-linking. As there
is a reduction in injection force in post-gamma samples, except for B11 and B12,
we can assume that some degree of chain scission has occurred in samples with
decreasing PEG content. The reduction of complex viscosity in these samples also
supports this theory. However, the effect of gamma irradiation has a completely
opposite effect for B11 and B12, where the injectability of the force of the putty
increases dramatically. In fact, as seen in the results and discussion for viscosity
analysis, the opposite effect is also seen for the final complex viscosity of B11
compared to other groups. The presence of a greater amount of PEG chains lends
availability to cross-linking in groups B11 and B12, whereas this is less likely when
there is less than 65 parts PEG in the carrier phase.
We must also consider that although the same amount of putty was packed into the
syringes, any accidental extrusion during handling whilst setting up the syringes in
the mechanical tester apparatus would have resulted in lower average peak
injection forces in such samples, as the plunger has less material to push against.
Furthermore, any discrepancies between plungers such as amount of lubricant in
each (as supplied by them manufacturer) may have also had an impact on the final
results. Also, as the material was packed manually into the syringes, any gaps left
within the material during compaction into the syringe barrel registered on the force
vs plunger distance curve as a sudden drop in injection force. An automatic syringefilling system should be employed in future studies of the material to ensure that
such potential causes for discrepancies are avoided.
From the results of the injectability study, we determined that there is a critical
threshold for both glycerol and PEG content, above or under which, counter-intuitive
phenomena are observed for IBS injectability.
2.8. Viscosity Analysis
The viscosity of bone pastes is an important rheological property. Viscosity is closely
linked to injectability, which also translates to the degree of ease with which the
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material is handled. The change in IBS viscosity with varying liquid-to-powder ratios
or in the presence of additives is usually examined during the development phase
of an IBS. In the preliminary development phase of the IBS in this work, the 1:1
powder-to-liquid ratio was considered to have the most favourable consistency,
injectability and viscosity, based on gross observation and handling. Therefore, for
the purposes of the viscosity analysis, the effects of varying the concentration of
carrier components, rather than the overall ceramic concentration in the IBS was
analysed.
Materials may be considered elastic, viscous or viscoelastic, depending on their
behaviour when subjected to applied strains and stresses. Polymeric fluids, whether
solution or melt, may be considered as viscoelastic, particularly if its flow and
mechanical properties change with changing temperature and/or time. Dynamic
mechanical analysis is a method for testing such viscoelastic materials. This
technique is used to measure the material’s stress response to sinusoidal strain. It
provides us with the viscoelastic property values of the material, such as its storage
modulus (G’) and loss modulus (G’’). The elastic modulus is used to describe the
ability of a material to return to its original shape when deformed. The loss modulus
reveals how much of the applied energy to the material is dissipated or ‘lost’, as a
result of permanent deformation. For comparing the viscoelasticity of polymers, a
dimensionless factor, known as the dampening factor or the loss factor (tan δ), is
used. Tan δ is the ratio of G’’/G’. Therefore, it is >1 for purely viscous liquids, or <1
elastic solids. A tan δ that is equal to one represents a perfectly viscoelastic material.
It is also referred to as the or ‘gel point’ or ‘sol-gel point’ of a polymer, which is the
point at which G’ and G’’ are equal, and a purely polymeric solution has achieved a
viscoelastic gel-like status through the addition of plasticisers or due to cross-linking
between polymeric chains. The complex viscosity (η*) is another useful property that
provides an overview of the viscoelastic profile of the polymeric material as it is
fundamentally composed of both the elastic and viscous values of the material. In
equation form, it is the ratio of shear-stress amplitude over the strain amplitude.
The different types of rheological tests for viscosity include oscillation, rotational and
tension and relaxation experiments. Oscillatory rheology, used for the viscosity
assessment of the IBS presented here, measures the stress response of a material
subjected to sinusoidal shear deformation. A simple description of the apparatus is
as follows: the material is placed between one rotating (at oscillation frequency ω)
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bottom plate and one stationary top plate which subjects the material to a timedependent strain, which is then imposed as a torque (stress) on the top plate. G’
and G’’ characterise the solid-like and fluid-like contributions to the measured stress
response at ω, respectively.
Furthermore, there are different test modes in which a standard oscillatory
rheometer can be operated, namely, the amplitude sweep or frequency sweep
mode. The former varies (‘sweeps’) the amplitude of the applied stress in the nondestructive region for the material, is used to determine the upper limit of this region,
and observes the changes in the material when this limit is exceeded. In a timesweep mode, the time-dependent stress response of a material in the nondestructive region is analysed. The amplitude of the stress is kept constant whilst
the oscillatory frequency of the applied stress is varied incrementally. High
frequencies represent fast motion whilst low frequencies simulate slow motion
experienced by the material. In temperature-dependent or time-dependent analysis
amplitude and frequency is kept constant to analyse how time or temperature affects
G’ and G’’.
For the viscosity analysis, several prepared formulations of IBS were tested with an
oscillatory rheometer used in a plate-plate configuration, appropriate to the nature
of the IBS. Polymeric materials display different viscoelastic behaviour at different
oscillatory frequencies, depending on a number of factors including the length of the
polymer chain (molecular weight), its molecular structure (branching) and the
orientation or network-forming ability of the polymer. The interplay between chain
flexibility and number of molecular entanglements create the overall viscosity profile
for a polymer-based material. For the IBS in this study, the effects of variable
oscillatory frequency on the viscoelasticity of the IBS was investigated to ascertain
the role of viscosity during ejection of the material from a syringe. As previously
mentioned, when the liquid phase of an IBS moves relatively faster than the solid
particles within an IBS, the solid particles may form a barrier to the motion of the
plunger. This issue is known as filter pressing. Therefore, to explore the
interrelationship between IBS viscosity and injection speed, a frequency sweep was
used in the viscosity analysis. A frequency sweep between 1-100 Hz (100 Hz is
typically the maximum frequency of commercial rheometers) was used in the
oscillatory rheology experiment.

86

Figure 21 provides the rheogram for change in G’ and G’’ with increasing frequency
for sample B11 (sterile) which was used as a representative sample for the purposes
of this section of the discussion. From Figure 21, we can see that as oscillatory
frequency increases, there is a rise in the values for both the storage modulus and
loss modulus, indicating a weak gel behaviour for the IBS [269]. This shows that the
viscoelasticity of the material is dependent on how fast it moves with applied strain,
and is a typical profile for a viscoelastic polymer. In such analyses, the slopes of the
G’ and G’’ curves are compares to determine whether elastic or viscous effects
dominate. The equation for the fitted trendlines provide the extrapolated values for
these slopes, however, the is clearly apparent that the G’ curve is greater than G’’
throughout the frequency scan. The increase of G’ with frequency suggests that the
number of effective junctions or ‘entanglements’ between polymer chains in the
carrier of the IBS, increase with increasing frequency. An explanation for this is
based on the timescales the measurements taken at each frequency. It can be
deduced that the ‘lifetimes’ of the polymer chain entanglements formed with
increasing frequency, are longer than the relatively short timescales of
measurements taken at higher angular frequencies. More simply, there was less
time for the entanglements to become disrupted during the higher frequency
oscillation period, and thus the elastic behaviour increases monotononically,
overriding the viscous contributions of the carrier. Conversely, even with larger
timescale of measurement i.e. at lower ω, there are fewer effective junctions
between polymer molecules, and thus G’ decreases, as seen in the G’ curve in
Figure 21.
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Figure 20. Change in G', G'' with oscillatory frequency of representative IBS (B11)
This trend for G’ is paralleled in all IBS compositions (Figure 22), albeit in different
orders of magnitude. G’’, also increases with increasing angular frequency for the
sterilised B11 sample (and all other gamma-sterilised IBS sample, see Figure 22).
As we increase the amount of high molecular weight PEG concentration in the
carrier, a more elastic solid-like behaviour, i.e. higher G’ values obtained for the IBS,
than those with less high molecular weight PEG content, is seen and expected. This
is related to the higher number of molecular interactions possible within the carrier
matrix. Comparing sterilised IBS groups B11 and B31, and B11 and B12, we can
investigate the changes in G’ (elasticity) of the IBS at less overall PEG content, and
less HMW PEG content, respectively. B11 has a much higher G’ value than B31
and B12 samples, as expected. This holds true for all IBS values at all oscillatory
frequencies over the frequency range.
G’’ also increases slightly as a function of ω (expected of viscoelastic samples),
however, the condition G’>G’’ never changes over the frequency scan range of the
experiment. Firstly, G’ and G’’ never cross over between the 1-100 Hz, as may be
seen with other hydrogels, signifying that for the IBS is no longer concerned with a
‘gel point’ (point at which the viscous solution has reached a gel or solid-like
behaviour), by virtue of the physical bonds formed between the particles of the
composition. These bonds give the IBS a network structure, pushing it towards a
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solid-like state and eliminating the potential for any viscous dominance. The
systematic increase in G’ and G’’ also indicate that phase separation between the
solid and liquid components of the IBS has not occurred across the 1:1 powder:liquid
concentration, and various carrier concentrations tested.
As the IBS is not purely solid, however, a frequency-dependency of G’ (and G’’))
should still be, and is, observed. The initial plateau region seen for G’’ can be
attributed to the existence of strong network structures even at very low frequencies
which take up more energy than dissipate it. With increasing HMW PEG
concentration in the carrier, higher G’’ values are recorded at each increase of
oscillatory frequency. However, as this is only a slight increase, we can deduce that
the relaxations or dissipations of the applied energy are only local. Interestingly,
there is also a slight convergence of G’’ magnitude across IBS formulations with
increasing oscillatory frequency which implies that material structure loses
significance at higher frequency oscillations. This is also reflected in the increase in
the tan δ value seen in Figure 24, indicating a rise in the viscosity of IBS with
frequency. Nevertheless, the elastic effects of the IBS remain distinctly higher than
the viscous effects at all frequencies tested - a behaviour that typically defines
dispersions or gels [270].
It is noteworthy to mention that the linear viscoelastic response of materials may
often times be confused for thixotropy, as G’ appears to ever-increase with
increasing frequency. In the linear viscoelastic region (determined by finding the
maximum deformation or strain amplitude for the material by performing a strain
sweep prior to a frequency sweep), the microstructure of the material over-responds
within a small timescale, without changing entirely, whereas thixotropic materials
undergo a breakdown (during shear) and rebuild (at standing) of microstructure, as
a function of time. The IBS in question undergoes permanent deformation at even
small amplitude shear strains and is therefore not considered to be thixotropic.
However, it is also important to note that there is very little previous research into
the viscoelasticity of ceramic suspensions, as suspensions with large amounts of
solid content are difficult to both prepare and analyse [271]. Thus, literature from
food and beverage materials research are relied on for scientific data comparisons.
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Figure 22 presents the trends for G’, G’’ and η* for gamma-sterilised IBS
formulations at each during a frequency sweep. It provides valuable insight into the
effect of IBS composition on IBS rheology and is a commonly-encountered profile
for thick polymeric gels or blends [272]. G’ and G’’ increase in a parallel fashion,
however, with an apparent proportional decrease in these values with decreasing
PEG, and decreasing HMW PEG content in the carrier. This additive effect is not
unusual as polymeric fluids are not ideal elastic materials and viscoelastic materials
display this relationship in the linear region. The continual rise is due to the effect of
the sum of two small deformations being greater than the effect of each individual
deformation. Oscillatory tests with small amplitude oscillatory motion are therefore
commonly selected for studying the linear response of polymeric solutions or melts.
Also, there is an incremental decrease in the complex viscosity of IBS compositions
with frequency and IBS composition. Complex viscosity is a combined value of the
contributions of the elastic and viscous parts of a material. IBSs with higher PEG
and HMW PEG content in the IBS display higher complex viscosity at all
frequencies. A higher complex viscosity signifies a greater degree of viscoelasticity
of the sample. Fittingly, sample B32 with the least amount of overall PEG and HMW
PEG content in the carrier, is the most viscous sample amongst the various IBS
formulations.
With a frequency-dependent G’, G’’ and η*, the applicability of the Cox-Merz rule in
rheology could be questioned. The Cox-Merz rule states that the apparent viscosity
at a specific shear rate, is equal to the complex viscosity at a specific oscillatory
frequency [273]. If this relationship is true for the material studied, it can combine
information from both steady-state shear and viscoelastic analysis, creating a more
detailed rheological profile. Due to the unavailability of steady-state shear data for
comparison, this relationship was not investigated within the scope of this research.
However, for future reference, the possibility of the Cox-Merz relationship and
potential power modifications as previously performed for food-based materials
[269] could be investigated.
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Figure 21. Oscillatory frequency-dependent change in G', G'' and η*

A decrease in tan δ with increasing oscillatory frequency reflects the domination of
the material’s elastic component at faster shear motions (Figure 22). From physical
observation, the difference between manual handling of the IBS immediately
subsequent to ejection from the syringe compared to continued handling for
approximately 10 seconds, can be described as the IBS becoming more mouldable
or dough-like compared to its initial more viscous feel. A lower tan δ value signifies
a higher degree of cross-linking between polymeric molecules giving a more elastic
nature to the IBS. The change in values of loss factor for IBS samples in the order
of B32>B31>B22>B21>B12>B11 toward 100 Hz, indicates that with a higher
amount of glycerol in the carrier, the IBS approaches loses its solid state becomes
more like a fluid. From Figure 23, it can be seen that at an angular frequency of 10
rad/s (chosen as a representative frequency), the tan δ values are lower in IBS
samples with more PEG and HMW PEG content, as the density of long chained
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molecules in the carrier available for cross-linking is greater, as expected. Although
the exception to this is B31 and B32, the difference is extremely small and could be
statistically insignificant if a larger sample size was used. Furthermore, we can
assume that this elastic dominance is linked to the creation of the peak injection
force that must be initially overcome in order to completely expel the IBS from a
syringe. The subsequent rapid drop in injection force observed in the injectability
study can be related to the assumption of a more viscous nature of the IBS as it
gains speed moving through the plunger (increase in tan δ).

G'

G''

Loss Factor

0.31
0.33
1114900
1015900

0.35
923450

0.36
736950

3554700

0.39
600810

3124200

0.38
476070

2651800
2033700
1554400

B11

B12

B21

B22

B31

1246000

B32

Figure 22. G' (Pa), G'' (Pa) and Loss Factor of sterile IBS at angular frequency of
10 rad/s
The effect of gamma sterilisation on the viscosity of the IBSs is displayed by the tan
δ vs angular frequency graph given in Figure 24. The lowest (1 rad/s), mid-range
(10 rad/s) and highest (100 rad/s) oscillatory frequencies were chosen for display
as representations of the changes across the frequency range tested. From this
graph, it can be seen that at the lowest frequency, there is a randomness to the tan
δ values for both gamma-sterilised and non-sterile samples at lower frequencies
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compared to tan δ for these samples at higher frequencies. Therefore, a degree of
order is gained with increased motion within the IBS, probably due to the alignment
of polymer molecules with increased shear strain application. There is also a trend
of decreasing tan δ magnitude with higher oscillatory frequencies for all samples
except for the non-sterile B11 sample. The magnitude of tan δ does not appear to
be overtly different between gamma-sterilised and non-sterile products.
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Figure 23. Change in tan δ with oscillatory frequency. Dotted lines represent nonsterile IBS samples. ‘+’ denotes sterilised sample, ‘-’ denotes non-sterile sample
The change in tan δ of various IBS samples upon exposure to gamma-irradiation is
analysed more closely with the graph in Figure 25. Groups B11, B12 and B31 were
used as representatives to compare in the observation of whether gamma-radiation
increases the viscous nature of the IBS when PEG content is varied, and whether
oscillation frequency has any impact on this. From the graph in Figure 26 it can be
seen the respective paired samples of each IBS group, with the exception of group
B11, follow the same trend of tan δ reduction with increasing frequency. The tan δ
value for the non-sterile B11 sample increases with frequency, whilst also increasing
the difference to its sterile counter-part. The viscous dominance with increasing
glycerol content in the carrier is evident in the proportionally higher tan δ values at
all frequencies. The difference is more pronounced between B31 and sterile B11
and both B12 samples, with sterile B11 and both B12 samples exhibiting almost
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overlapping curves across the frequency sweep. At higher frequencies gammasterilised B31 appears to lose its viscous behaviour and gain a more elastic nature,
with tan δ decreasing towards a frequency of 100 rad/s.
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Figure 24. The effect of gamma sterilisation on the viscoelasticity of IBS samples.
In the legend ‘-’ denotes non-sterile samples and ‘+’ denotes gamma-sterilised
samples
The divergence of the unsterile B11 sample from the general trends observed for all
other IBS compositions over the frequency sweep does not have a scientific
explanation at present. The impact of gamma sterilisation is not nearly as
pronounced in all other IBS compositions. Furthermore, all other groups become
less viscous as frequency increases, however, non-sterile B11 appears to become
more viscous at higher frequencies. The results of the injectability study showed that
sterile B11 had a larger peak injection force than non-sterile B11 implying a more
elastic than viscous material. Therefore, a lower tan δ for should be expected for
sterile B11 than non-sterile B11. Although sterile B11 has a lower tan δ, the
frequency-dependent increase in non-sterile B11 tan δ values remain unexpected.
Moreover, comparing injectability and viscosity test results for sterile and non-sterile
B12 samples, sterile B12 has a larger peak injection force than non-sterile B12,
however, the viscosities of the two samples are almost identical over the frequency
scan. In fact, all samples show the same trend of reduction in tan δ over frequency,
even amongst the respective pairs of samples in each group. It is known that
gamma-sterilisation does not necessarily always induce cross-linking in samples,
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but may also cause polymer chain scissions. The higher viscoelasticity of sterile B11
compared to non-sterile B11 cannot be justified by any potential effects of gamma
irradiation. This is because no remarkable difference between B11 and B12 was
seen in the washout resistance and injectability study results of these two groups.
Furthermore, all other groups, regardless of sterility status, follow the same trend of
decreasing viscoelasticity with increasing glycerol content. Therefore, an error in
material preparation or measurement may be the cause for such inexplicable
discrepancy for B11 viscosity results.
For polymeric materials, low oscillation frequencies allow for enough time for
relaxation between molecules which means energy storage is minimal. Higher
oscillation frequencies do not permit for this sort of relaxation or stretching of the
polymer chains and thus the material displays an increased elastic energy storage
or shear modulus G’. It is also known that at lower angular frequencies, long polymer
chains are in action, stretching along the axis of shear. At higher angular
frequencies, shorter polymer chains account for the shear viscosity. The complex
viscosity decreases proportional to glycerol and HMW PEG content in the
composition.

2.9. In Vitro Study
The cytotoxic effects of the prepared IBS samples were investigated according to
the protocol given in Materials and Methods. L929 fibroblasts were used to conduct
the cell viability analysis as this cell line is commonly used in literature for the
biocompatibility testing of synthetic biomaterials, as well as being a cell line that is
recommended in the international standard ISO 10993 Biological Evaluation of
Medical Devices. The guidance given in the standard was adapted to the IBS
developed here, as with so many past examples in literature, as the IBS developed
here does not conform to the any of the general rules and conditions set out in ISO
10993-12: Sample Preparation and Reference Materials.
The data from the MTT analysis of cell viability for all prepared IBS samples
according to the protocol described is summarised in the table below:
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Table 5. L929 fibroblast cytotoxicity of IBSs
Ctyotoxicity of IBS samples over time, containers and gamma doses
Time
(hours)

IBS
Group

Container

Gamma
Dose (kGy)

24
24
48
48
72
72
24
24
24
24

B11
B11
B11
B11
B11
B11
B11
B11
B12
B12

Glass
Syringe
Glass
Syringe
Glass
Syringe
Glass
Syringe
Glass
Syringe

25
25
25
25
25
25
10
10
10
10

Cell Viability (%) / Extract Concentration (EC)
100 % (EC)
19.65±0.36
22.94±0.43
24.33±0.47
20.50±1.39
19.82±0.53
22.47±0.22
68.19±0.38
63.40±0.87
68.12±0.71
56.53±0.59

50 % (EC)
36.73±1.01
52.49±0.75
61.76±0.43
56.51±0.26
33.7±0.47
39.6±0.41
89.06±0.83
86.17±0.23
91.47±0.94
83.75±0.67

25 % (EC)
68.34±0.70
92.05±0.80
94.66±1.65
89.28±1.31
78.79±0.71
83.19±0.55
98.66±1.34
99.01±1.56
98.43±1.27
92.64±1.63

The cell viability values for 10 kGy and 25 kGy samples are also provided graphically
in Figure 26.

Figure 26. Cell viability by MTT assay
Looking at the cell viability results for samples treated at a gamma irradiation dose
of 25 kGy with extract incubation for 24 hours, the maximum cell viability was
22.94%, with viability increasing with successive dilutions. The effect of extract
incubation time on cell viability for samples treated at 25 kGy does not appear to
have a notable effect on cell viability. There is also not notable difference in the cell
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viability effects of samples that underwent 25 kGy gamma irradiation in glass tube
containers or polypropylene syringes, over any of the extract incubation time points
tested. The notion of syringe material toxicity can thus be disqualified with this
comparison. There is, however, a significantly notable impact of sterilisation dose
on the cytotoxicity measurements for B11 samples with 24 hours of extract
incubation, with cell viability values increasing from 22.94 % to 63.40 % for syringecontained samples, and 19.65 % to 68.19 % for glass container-contained samples.
With a gamma dose of 10 kGy used, the difference between cell viability values
between glass container- and syringe-contained IBS samples becomes greater than
the difference between these samples at 25 kGy. This is the case for both B11 and
B12 samples, thus the effect is the same irrespective of IBS composition. From this,
it can be suggested that not only does gamma dose have an impact on the
cytotoxicity of the IBS sample, but perhaps also the delivery materials itself as a
lower gamma dose has revealed their susceptibility to gamma-induced toxic
degradation products.

Furthermore, for eluates taken at 24 hours of samples

sterilised with a 10 kGy gamma dose, IBS composition does not produce a notable
difference in cytotoxicity of samples retrieved from glass containers, but for those
supplied in syringes, B11 and B12 cell viability values are 63.40 % and 56.53 %,
respectively. Furthermore, cell viability increases from 63.40 % to 86.17% and from
56.53 % to 83.75 % for syringe-contained B11 and B12 samples, respectively.
Firstly, Tulyaganov et al. have presented a paper detailing the synthesis and
assessment of in vitro bioactivity of a bioglass-PEG-glycerol composite paste for
bone tissue engineering applications, in which all formulations of the three
components demonstrated high rates of in vitro bioactivity after immersion in
simulated body fluid [274]. Dissolution products such as calcium or silicon ion have
been shown to increase proliferation of human osteoblasts and induce insulin-like
growth factor II mRNA expression and protein synthesis [275] thus the small amount
of 45S5 bioglass added to the IBS compositions is expected to promote in vitro
activity in this manner. Silicon-supplemented cements have been shown to increase
cell proliferation (three-fold) of MG-63 (human osteoblast-like cell line) more
(threefold) over cements without this addition [276].
The in vitro characterisation of calcium phosphates is a challenging feat. This is due
to the inherent bioactivity of bioceramics which produce controversial results relating
to their effects on cell viability and proliferation. Results vary significantly not only
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based on the type of cell used for cytotoxicity analysis, but also on the culture
conditions and sample preparation and extraction methods used. Literature
abounds with studies demonstrating how these elements impact the perceived
biocompatibility of a bioceramic implant material. Across literature, there are reports
of cytotoxicity results that have varied depending on ceramic surface reactivity,
solubility, chemical composition, particle morphology, particle size, culture medium
and sample extract concentration. This variability has been found to be especially
true of β-TCP ceramics. Thus, cytocompatibility analysis should take into
consideration fluid-mediated interactions, and note that in vitro results may not
necessarily reflect in vivo outcomes, as encountered previously in bioceramics
research. Moreoever, the time dependent effects of bone bone graft substitutes on
cell metabolism should also be considered when designing a cytocompatibilty study.
Zimmermann et al. [277] compared the effects of eluates from six commerciallyavailable bone graft substitutes on the proliferation and metabolic activity of porcine
mesenchymal multi-lineage stem cells. They found that not only was cell viability
dependent on eluate concentration, but that with it increased with longer incubation
times.
There are several reports for calcium phosphate-based bone graft substitute
cytotoxicity test results that have shown strong dependency on the material
extraction method used. Olkowski et al. [278] found that not only were the results of
direct and indirect cytotoxicity tests for implant materials composed of calcium and
magnesium phosphates and calcium sulphate hemihydrate significantly different,
but also that the ratio of culture medium volume to the size of the material samples
was crucial if release or uptake of calcium ions by the materials was involved. The
authors cite and base their methods and results on other studies which investigate
calcium ion toxicity in such systems. They also speculate that the sorption of ions
by polymers in composite materials may also affect result - chitosan, for example,
has chelating properties.
The reports of Sadowska et al. [279] also add valuable insight and future direction
to the present study. This group demonstrated how changing the ratio of the volume
of cell culture medium to the calcium phosphate ceramic, significantly changes the
cytocompatibility observed for the ceramic. They found that when higher ratios (i.e.
when a smaller amount of ceramic material is used in the same amount of cell
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culture media) were used, cell (rat mesenchymal stem cells) shrinkage and
apoptosis was mitigated. The authors base this on the attenuation of calcium and
phosphate ion fluctuations in the medium that occur naturally due to the inherent
bioactivity of the ceramics. The findings of our cohesion study for the prepared IBS
samples provide supporting evidence for this notion. In fact, the impact of sample
amount to cell culture medium ratio genotoxicity testing results for another wellknown biomaterial, nano-active bioactive glass, has also been shown [280]. This
group reports that in concentrations of extract above 4 mg/ml of sample to culture
medium, the material shows genotoxic effects, attributable to the higher dissolution
and degradation rate of nanoparticles compared to large particle sizes. Comparing
these results to that observed for commercially-available bioglass, Novabone
(NovaBone Products LLC, Alachua, FL), they found no significant difference for
extract concentrations less than 5mg/ml, showing that even a commerciallyavailable and successful product such as Novabone (NovaBone Products LLC,
Alachua, FL) is sensitive to extraction ratios and test methods.
Other authors, such as Nakagawa et al. [281] , present a very interesting study
which relate in vitro performances of β-TCP to particle size. The researchers
observed the mechanisms of micron (1-10 μm) β-TCP particles in the calcification
of human mesenchymal stem cell in vitro. They tested both the direct and indirect
contact of β-TCP particles with these cells at 0, 0.01, 0.1, and 1.0 mg/mL
concentrations (in cell culture medium), as well as the changes in calcium ion
concentrations in the culture medium over days 2, 7, 14, and 21. A decreased cell
viability for 1.0 mg/mL particle concentration in the direct contact condition was
attributed to either a reduction of ions in the media due to cellular particle uptake
(seen at day 2), a high cellular uptake of ceramic particles during stable extracellular
ion concentrations (days 2-14), or the selective proliferation of cells only from the
osteoblastic lineage in the selected cell culture medium. In the non-contact and
media-only (no cells, just β-TCP particles) conditions, 0.1 mg/mL concentrations of
β-TCP showed an increase of calcium in the media at 7 days and thereafter, as the
particles has been taken up and dissolved by the cells at this stage. According to
our cohesion study results, calcium release from IBS samples continued to increase
over the 48 hours analysis period after an initial ‘dip’ for the first 4 hours of
submersion in water. Thus, the results of cell viability for samples sterilised at 10
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kGy gamma dose could be much higher at further time points such as at 7 days
post-extract incubation. With such contrasting results for different particle
concentrations and culture conditions, the study highlights the complex interplay of
different factors when interpreting β-TCP cytocompatibility.
The inflammatory cell response to ceramic particles has been overviewed by Velard
et al. [282] in their 2012 publication, which summarises the results of studies that
have tested the relationship between different calcium phosphate parameters
(particle sizes, sintering temperatures, solubilities) in animal or human models.
Lange et al. [283] support this notion by documenting how β-TCP particle
composition, size and morphology play a role in the induction of pro-inflammatory
cytokines in vitro. Testing the effects of gamma-irradiated β-TCP particles of 1, 3,
13, 32 and 40 μm sizes on human peripheral blood mononuclear cells (PBMC) in
vitro, they found that in fact smaller (1 μm) produced less pro-inflammatory cytokine
production (although toxicity readings increased over time) than larger (32 μm and
40 μm) β-TCP particles. The authors state that only particles <20 μm are
phagocytosable, leaving larger particles to generate an inflammatory response, and
also that phagocytosis is dictated by the geometry and surface roughness of the
particulates.
The high solubility of β-TCP, particularly in comparison to the more stable HA, has
caused concerns over whether it may invoke unwanted inflammatory responses in
the body. Suzuki et al. [284] studied the effects of CaP ratio (1.50 (pure TCP), 1.55,
1.60, 1.64 and 1.67 (pure HA)) on solubility and further the viability of L929 cells.
They found that at 6h of culturing 100% β-TCP with L929 cells, cell viability had
reduced to 20%, observing rupture of anchored cells. However, upon pre-incubating
TCP-HA (1:4) scaffolds in culture (MEM) containing 10% foetal bovine serum for 3
days, its surface stability and thus cell viability was greatly improved. The authors
also speculate the disruption of adhesion and calcification of bone cells due to the
precipitation of CO3 apatite resulting from the combination of calcium ions present
in the media and those released from the biomaterial.
The high dissolution rate of β-TCP particles in vitro, however, should not be
translated to cytotoxicity or poor bone formation of β-TCP implants in vivo. As Lu et
al. [285] have shown, on comparison of both in vitro and in vivo (placement of
materials into rabbit femoral cavities for 12 weeks) performance of HA, β-TCP and
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BCP, HA was the most stable in vitro whilst β-TCP was degraded the most,
however, new bone formation was significantly higher for β-TCP in vivo compared
to the other two materials which produced micro-particles that were phagocytosed.
Additionally, Lange et al. [283] found that pure β-TCP and HA particles of the same
size and dose cause similar effects on pro-inflammatory cytokines, but HA, which is
known to be a more stable bioceramic, actually caused a greater increase in
osteoclastogenic cytokines.
Hence these findings, in addition those presented in this work, indicate that in vitro
cytotoxicity observed for β-TCP-based materials is variable depending on the
method of extraction used, the particle types and sizes, and that in vivo bone
formation may even be enhanced with β-TCP, in contrast to in vitro observations.
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3.CONCLUSION
The IBS developed in this study is intended for use as a bone repair material in
critical-sized defects or any non-load bearing bone void. A set of ‘ideal’ formulations
were analysed in terms of chemical, morphological, rheological properties, and in
vitro cytocompatibility. Results of various analyses reveal that there is a critical ratio
of carrier content, above or below which rheological properties vary. Concurring data
between washout-resistance and cohesion analysis, injectability and viscosity
analysis, and cohesion and in vitro analysis demonstrate the clinical suitability profile
of the IBS for the current formulations’ tests. Results from the in vitro analysis have
been discussed in light of the relevant data from literature regarding the impact of a
number of factors such ionic fluctuations or ceramic particle sizes, the potential
negative effects of which would most likely be accommodated and negated by
cellular and other mechanisms in vivo. The results of this research, along with its
discussion and recommendations, provides a strong basis for the design and
execution of future investigations related to β-TCP/Bioglass –PEG-glycerol based
injectable bone substitutes.
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5. APPENDIX
ATR – FT-IR SPECTROGRAMS FOR IBS CONSTITUENTS
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,00000

,987

Roy's Largest Root

,00000

,987

Pillai's Trace

,11129

,416

Wilks' Lambda

,09277

,445

Hotelling's Trace

,07524

,476

Roy's Largest Root

,00395

,653

a. Design: Intercept + Groups
Within Subjects Design: TimePoint
b. Exact statistic
c. The statistic is an upper bound on F that yields a lower bound on the significance level.

Mauchly's Test of Sphericitya
Measure: MEASURE_1
Epsilon
Approx. ChiWithin Subjects Effect

Mauchly's W

TimePoint

Greenhouse-

Square

,453

b

df

16,431

Sig.
5

,006

Geisser
,749

Mauchly's Test of Sphericitya
Measure: MEASURE_1
Epsilon
Within Subjects Effect

Huynh-Feldt

TimePoint

Lower-bound
1,000

Tests the null hypothesis that the error covariance matrix of the orthonormalized transformed dependent
a

variables is proportional to an identity matrix.
a. Design: Intercept + Groups
Within Subjects Design: TimePoint

b. May be used to adjust the degrees of freedom for the averaged tests of significance. Corrected tests are
displayed in the Tests of Within-Subjects Effects table.
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,333

Tests of Within-Subjects Effects
Measure: MEASURE_1
Type III Sum of
Source
TimePoint

TimePoint * Groups

Error(TimePoint)

Squares

df

Mean Square

F

Sphericity Assumed

1,809

3

,603

223,190

Greenhouse-Geisser

1,809

2,247

,805

223,190

Huynh-Feldt

1,809

3,000

,603

223,190

Lower-bound

1,809

1,000

1,809

223,190

Sphericity Assumed

,103

33

,003

1,151

Greenhouse-Geisser

,103

24,716

,004

1,151

Huynh-Feldt

,103

33,000

,003

1,151

Lower-bound

,103

11,000

,009

1,151

Sphericity Assumed

,178

66

,003

Greenhouse-Geisser

,178

49,432

,004

Huynh-Feldt

,178

66,000

,003

Lower-bound

,178

22,000

,008

Tests of Within-Subjects Effects
Measure: MEASURE_1
Source

Sig.

TimePoint

TimePoint * Groups

Error(TimePoint)

Partial Eta Squared

Sphericity Assumed

,000

,910

Greenhouse-Geisser

,000

,910

Huynh-Feldt

,000

,910

Lower-bound

,000

,910

Sphericity Assumed

,308

,365

Greenhouse-Geisser

,329

,365

Huynh-Feldt

,308

,365

Lower-bound

,373

,365

Sphericity Assumed
Greenhouse-Geisser
Huynh-Feldt
Lower-bound

Tests of Within-Subjects Contrasts
Measure: MEASURE_1
Type III Sum of
Source

TimePoint

TimePoint

Linear

Squares

df

Mean Square

F

Sig.

1,804

1

1,804

1035,574

,000

Quadratic

,004

1

,004

1,362

,256

Cubic

,000

1

,000

,043

,838
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TimePoint * Groups

Error(TimePoint)

Linear

,035

11

,003

1,811

,114

Quadratic

,036

11

,003

1,055

,436

Cubic

,031

11

,003

,887

,566

Linear

,038

22

,002

Quadratic

,069

22

,003

Cubic

,071

22

,003

Tests of Within-Subjects Contrasts
Measure: MEASURE_1
Source

TimePoint

TimePoint

Linear

,979

Quadratic

,058

Cubic

,002

Linear

,475

Quadratic

,345

Cubic

,307

TimePoint * Groups

Error(TimePoint)

Partial Eta Squared

Linear
Quadratic
Cubic

Levene's Test of Equality of Error Variancesa
Levene Statistic
Weight@1h

Based on Mean

df1

df2

Sig.

2,999

10

22

,015

Based on Median

,753

10

22

,670

Based on Median and with

,753

10

11,830

,669

Based on trimmed mean

2,757

10

22

,023

Based on Mean

2,711

10

22

,025

Based on Median

,804

10

22

,627

Based on Median and with

,804

10

7,684

,635

Based on trimmed mean

2,525

10

22

,034

Based on Mean

2,575

10

22

,031

Based on Median

,702

10

22

,713

Based on Median and with

,702

10

10,393

,707

Based on trimmed mean

2,386

10

22

,043

Based on Mean

1,658

10

22

,155

Based on Median

,430

10

22

,916

Based on Median and with

,430

10

13,582

,907

adjusted df

Weight@8h

adjusted df

Weight@12h

adjusted df

Weight@24h

adjusted df
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Based on trimmed mean

1,526

10

22

,196
a

Tests the null hypothesis that the error variance of the dependent variable is equal across groups.
a. Design: Intercept + Groups
Within Subjects Design: TimePoint

Tests of Between-Subjects Effects
Measure: MEASURE_1
Transformed Variable: Average
Type III Sum of
Source

Squares

Intercept

Partial Eta
df

Mean Square

F

Sig.

Squared

34,120

1

34,120

2270,465

,000

,990

Groups

,245

11

,022

1,482

,208

,426

Error

,331

22

,015

Estimated Marginal Means
1. Groups
Estimates
Measure: MEASURE_1
95% Confidence Interval
Groups

Mean

Std. Error

Lower Bound

Upper Bound

B11

,455

,035

,382

,529

B21

,482

,035

,408

,555

B31

,516

,061

,388

,643

B12

,482

,035

,408

,555

B22

,489

,035

,415

,562

B32

,536

,035

,463

,610

nonsterileB11

,539

,035

,466

,612

nonsterileB21

,586

,035

,512

,659

nonsterileB31

,541

,035

,467

,614

nonsterileB12

,557

,035

,484

,630

nonsterileB22

,597

,035

,523

,670

nonsterileB32

,531

,035

,458

,605

Pairwise Comparisons
Measure: MEASURE_1
95% Confidence Interval for
Mean

Difference

Difference (I-J)

Std. Error

a

(I) Groups

(J) Groups

B11

B21

-,026

,050

1,000

-,222

,169

B31

-,060

,071

1,000

-,337

,216

133

Sig.

Lower Bound

a

Upper Bound

B21

B31

B12

B12

-,026

,050

1,000

-,222

,169

B22

-,033

,050

1,000

-,229

,162

B32

-,081

,050

1,000

-,277

,114

nonsterileB11

-,084

,050

1,000

-,279

,112

nonsterileB21

-,130

,050

1,000

-,326

,065

nonsterileB31

-,085

,050

1,000

-,281

,110

nonsterileB12

-,102

,050

1,000

-,297

,094

nonsterileB22

-,141

,050

,648

-,337

,054

nonsterileB32

-,076

,050

1,000

-,271

,120

B11

,026

,050

1,000

-,169

,222

B31

-,034

,071

1,000

-,310

,243

B12

,000

,050

1,000

-,196

,195

B22

-,007

,050

1,000

-,202

,189

B32

-,055

,050

1,000

-,250

,141

nonsterileB11

-,057

,050

1,000

-,253

,138

nonsterileB21

-,104

,050

1,000

-,300

,091

nonsterileB31

-,059

,050

1,000

-,255

,136

nonsterileB12

-,075

,050

1,000

-,271

,120

nonsterileB22

-,115

,050

1,000

-,311

,080

nonsterileB32

-,050

,050

1,000

-,245

,146

B11

,060

,071

1,000

-,216

,337

B21

,034

,071

1,000

-,243

,310

B12

,034

,071

1,000

-,243

,310

B22

,027

,071

1,000

-,250

,303

B32

-,021

,071

1,000

-,297

,256

nonsterileB11

-,024

,071

1,000

-,300

,253

nonsterileB21

-,070

,071

1,000

-,347

,206

nonsterileB31

-,025

,071

1,000

-,302

,251

nonsterileB12

-,041

,071

1,000

-,318

,235

nonsterileB22

-,081

,071

1,000

-,358

,195

nonsterileB32

-,016

,071

1,000

-,292

,261

B11

,026

,050

1,000

-,169

,222

B21

,000

,050

1,000

-,195

,196

B31

-,034

,071

1,000

-,310

,243

B22

-,007

,050

1,000

-,202

,189

B32

-,055

,050

1,000

-,250

,141

nonsterileB11

-,057

,050

1,000

-,253

,138

nonsterileB21

-,104

,050

1,000

-,299

,092

nonsterileB31

-,059

,050

1,000

-,254

,137

nonsterileB12

-,075

,050

1,000

-,271

,120

nonsterileB22

-,115

,050

1,000

-,310

,081
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nonsterileB32
B22

B32

nonsterileB11

nonsterileB21

-,049

,050

1,000

-,245

,146

B11

,033

,050

1,000

-,162

,229

B21

,007

,050

1,000

-,189

,202

B31

-,027

,071

1,000

-,303

,250

B12

,007

,050

1,000

-,189

,202

B32

-,048

,050

1,000

-,243

,148

nonsterileB11

-,050

,050

1,000

-,246

,145

nonsterileB21

-,097

,050

1,000

-,293

,098

nonsterileB31

-,052

,050

1,000

-,248

,143

nonsterileB12

-,068

,050

1,000

-,264

,127

nonsterileB22

-,108

,050

1,000

-,304

,087

nonsterileB32

-,043

,050

1,000

-,238

,153

B11

,081

,050

1,000

-,114

,277

B21

,055

,050

1,000

-,141

,250

B31

,021

,071

1,000

-,256

,297

B12

,055

,050

1,000

-,141

,250

B22

,048

,050

1,000

-,148

,243

nonsterileB11

-,003

,050

1,000

-,198

,193

nonsterileB21

-,049

,050

1,000

-,245

,146

nonsterileB31

-,004

,050

1,000

-,200

,191

nonsterileB12

-,021

,050

1,000

-,216

,175

nonsterileB22

-,060

,050

1,000

-,256

,135

nonsterileB32

,005

,050

1,000

-,190

,201

B11

,084

,050

1,000

-,112

,279

B21

,057

,050

1,000

-,138

,253

B31

,024

,071

1,000

-,253

,300

B12

,057

,050

1,000

-,138

,253

B22

,050

,050

1,000

-,145

,246

B32

,003

,050

1,000

-,193

,198

nonsterileB21

-,047

,050

1,000

-,242

,149

nonsterileB31

-,002

,050

1,000

-,197

,194

nonsterileB12

-,018

,050

1,000

-,213

,178

nonsterileB22

-,058

,050

1,000

-,253

,138

nonsterileB32

,008

,050

1,000

-,188

,203

B11

,130

,050

1,000

-,065

,326

B21

,104

,050

1,000

-,091

,300

B31

,070

,071

1,000

-,206

,347

B12

,104

,050

1,000

-,092

,299

B22

,097

,050

1,000

-,098

,293

B32

,049

,050

1,000

-,146

,245

nonsterileB11

,047

,050

1,000

-,149

,242

135

nonsterileB31

nonsterileB12

nonsterileB22

nonsterileB32

nonsterileB31

,045

,050

1,000

-,151

,240

nonsterileB12

,029

,050

1,000

-,167

,224

nonsterileB22

-,011

,050

1,000

-,207

,184

nonsterileB32

,054

,050

1,000

-,141

,250

B11

,085

,050

1,000

-,110

,281

B21

,059

,050

1,000

-,136

,255

B31

,025

,071

1,000

-,251

,302

B12

,059

,050

1,000

-,137

,254

B22

,052

,050

1,000

-,143

,248

B32

,004

,050

1,000

-,191

,200

nonsterileB11

,002

,050

1,000

-,194

,197

nonsterileB21

-,045

,050

1,000

-,240

,151

nonsterileB12

-,016

,050

1,000

-,212

,179

nonsterileB22

-,056

,050

1,000

-,252

,139

nonsterileB32

,010

,050

1,000

-,186

,205

B11

,102

,050

1,000

-,094

,297

B21

,075

,050

1,000

-,120

,271

B31

,041

,071

1,000

-,235

,318

B12

,075

,050

1,000

-,120

,271

B22

,068

,050

1,000

-,127

,264

B32

,021

,050

1,000

-,175

,216

nonsterileB11

,018

,050

1,000

-,178

,213

nonsterileB21

-,029

,050

1,000

-,224

,167

nonsterileB31

,016

,050

1,000

-,179

,212

nonsterileB22

-,040

,050

1,000

-,235

,156

nonsterileB32

,026

,050

1,000

-,170

,221

B11

,141

,050

,648

-,054

,337

B21

,115

,050

1,000

-,080

,311

B31

,081

,071

1,000

-,195

,358

B12

,115

,050

1,000

-,081

,310

B22

,108

,050

1,000

-,087

,304

B32

,060

,050

1,000

-,135

,256

nonsterileB11

,058

,050

1,000

-,138

,253

nonsterileB21

,011

,050

1,000

-,184

,207

nonsterileB31

,056

,050

1,000

-,139

,252

nonsterileB12

,040

,050

1,000

-,156

,235

nonsterileB32

,066

,050

1,000

-,130

,261

B11

,076

,050

1,000

-,120

,271

B21

,050

,050

1,000

-,146

,245

B31

,016

,071

1,000

-,261

,292

B12

,049

,050

1,000

-,146

,245

136

B22

,043

,050

1,000

-,153

,238

B32

-,005

,050

1,000

-,201

,190

nonsterileB11

-,008

,050

1,000

-,203

,188

nonsterileB21

-,054

,050

1,000

-,250

,141

nonsterileB31

-,010

,050

1,000

-,205

,186

nonsterileB12

-,026

,050

1,000

-,221

,170

nonsterileB22

-,066

,050

1,000

-,261

,130

Based on estimated marginal means
a. Adjustment for multiple comparisons: Bonferroni.

Univariate Tests
Measure: MEASURE_1
Partial Eta
Sum of Squares

df

Mean Square

Contrast

,061

11

,006

Error

,083

22

,004

F

Sig.

1,482

Squared

,208

,426

The F tests the effect of Groups. This test is based on the linearly independent pairwise comparisons
among the estimated marginal means.

2. TimePoint
Estimates
Measure: MEASURE_1
95% Confidence Interval
TimePoint

Mean

Std. Error

Lower Bound

Upper Bound

1

,694

,011

,671

,718

2

,573

,017

,538

,608

3

,467

,015

,436

,498

4

,369

,010

,347

,391

Pairwise Comparisons
Measure: MEASURE_1
95% Confidence
Interval for
Mean Difference
(I) TimePoint
1

(J) TimePoint

Std. Error

Sig.

b

b

Lower Bound

,122

*

,017

,000

,073

,227

*

,014

,000

,186

4

,325

*

,010

,000

,297

1

-,122

*

,017

,000

-,170

,105

*

,015

,000

,062

2
3

2

(I-J)

Difference

3

137

,204

*

,013

,000

,165

1

-,227

*

,014

,000

-,268

2

-,105

*

,015

,000

-,149

,098

*

,009

,000

,073

-,325

*

,010

,000

-,353

2

-,204

*

,013

,000

-,242

3

-,098

*

,009

,000

-,124

4
3

4
4

1

Pairwise Comparisons
Measure: MEASURE_1
95% Confidence Interval for
Difference
(I) TimePoint

(J) TimePoint

1

2

,170

3

,268

4

,353

1

-,073

3

,149

4

,242

1

-,186

2

-,062

4

,124

1

-,297

2

-,165

3

-,073

2

3

4

Upper Bound

Based on estimated marginal means
*. The mean difference is significant at the ,05 level.
b. Adjustment for multiple comparisons: Bonferroni.

Multivariate Tests
Partial Eta
Value
Pillai's trace
Wilks' lambda
Hotelling's trace
Roy's largest root

,987
,013
74,787
74,787

F

Hypothesis df

Error df

Sig.

Squared

498,577

a

3,000

20,000

,000

,987

498,577

a

3,000

20,000

,000

,987

498,577

a

3,000

20,000

,000

,987

498,577

a

3,000

20,000

,000

,987

Each F tests the multivariate effect of TimePoint. These tests are based on the linearly independent pairwise
comparisons among the estimated marginal means.
a. Exact statistic
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INJECTABILITY STUDY STATISTICAL ANALYSIS REPORT
UNIANOVA Peak_Injection_Force BY GROUP Sterility
/METHOD=SSTYPE(3)
/INTERCEPT=INCLUDE
/POSTHOC=GROUP(QREGW)
/PLOT=PROFILE(Sterility*GROUP GROUP Sterility) TYPE=LINE
ERRORBAR=NO MEANREFERENCE=NO YAXIS=AUTO
/EMMEANS=TABLES(GROUP) COMPARE ADJ(BONFERRONI)
/EMMEANS=TABLES(GROUP*Sterility)
/EMMEANS=TABLES(Sterility) COMPARE ADJ(BONFERRONI)
/PRINT ETASQ DESCRIPTIVE HOMOGENEITY
/CRITERIA=ALPHA(.05)
/DESIGN=GROUP Sterility GROUP*Sterility.
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Univariate Analysis of Variance
Notes
Output Created

26-AUG-2018 21:28:10

Comments
Input

Data

C:\Users\Leica\Desktop\deni
z tez
statistics\INJECTABILITYfina
l.sav

Active Dataset

DataSet2
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Filter

<none>

Weight

<none>

Split File

<none>

N of Rows in Working Data

37

File
Missing Value Handling

Definition of Missing

User-defined missing values
are treated as missing.

Cases Used

Statistics are based on all
cases with valid data for all
variables in the model.

Syntax

UNIANOVA
Peak_Injection_Force BY
GROUP Sterility
/METHOD=SSTYPE(3)
/INTERCEPT=INCLUDE
/POSTHOC=GROUP(QREG
W)
/PLOT=PROFILE(Sterility*G
ROUP GROUP Sterility)
TYPE=LINE
ERRORBAR=NO
MEANREFERENCE=NO
YAXIS=AUTO
/EMMEANS=TABLES(GROU
P) COMPARE
ADJ(BONFERRONI)

/EMMEANS=TABLES(GROU
P*Sterility)

/EMMEANS=TABLES(Sterilit
y) COMPARE
ADJ(BONFERRONI)
/PRINT ETASQ
DESCRIPTIVE
HOMOGENEITY
/CRITERIA=ALPHA(.05)
/DESIGN=GROUP Sterility
GROUP*Sterility.
Resources

Processor Time

00:00:00,80
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Elapsed Time

00:00:00,75

Between-Subjects Factors
Value Label
GROUP

Sterility

N

1

6

2

6

3

6

4

6

5

6

6

6

1

sterile

18

2

nonsterile

18

Descriptive Statistics
Dependent Variable: Max. FORCE
GROUP

Sterility

1

sterile

72,90333333

1,339937810

3

nonsterile

54,58333333

16,836122871

3

Total

63,74333333

14,655610075

6

sterile

39,54000000

11,965466978

3

nonsterile

40,95333333

24,645454618

3

Total

40,24666667

17,344381991

6

sterile

28,92333333

9,963635548

3

nonsterile

55,16333333

25,248949153

3

Total

42,04333333

22,389164046

6

sterile

50,84333333

27,972576451

3

nonsterile

41,51000000

7,242209608

3

Total

46,17666667

18,976279579

6

sterile

34,75333333

9,887721342

3

nonsterile

35,65666667

7,318089459

3

Total

35,20500000

7,795728959

6

sterile

31,80000000

6,024275890

3

nonsterile

36,32000000

5,582320306

3

Total

34,06000000

5,754198467

6

sterile

43,12722222

19,401541723

18

nonsterile

44,03111111

16,221172761

18

Total

43,57916667

17,630849323

36

2

3

4

5

6

Total

Mean

Std. Deviation

N

Levene's Test of Equality of Error Variancesa,b
Levene Statistic
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df1

df2

Sig.

Max. FORCE

Based on Mean

2,711

11

24

,020

Based on Median

,859

11

24

,588

Based on Median and with

,859

11

10,843

,597

2,535

11

24

,027

adjusted df
Based on trimmed mean

Tests the null hypothesis that the error variance of the dependent variable is equal across groups.

a,b

a. Dependent variable: Max. FORCE
b. Design: Intercept + GROUP + Sterility + GROUP * Sterility

Tests of Between-Subjects Effects
Dependent Variable: Max. FORCE
Type III Sum of
Source

Squares

df

Mean Square

F

Sig.

Corrected Model

5227,050

a

11

475,186

2,018

,073

Intercept

68369,176

1

68369,176

290,285

,000

GROUP

3525,277

5

705,055

2,994

,031

7,353

1

7,353

,031

,861

GROUP * Sterility

1694,419

5

338,884

1,439

,247

Error

5652,590

24

235,525

Total

79248,815

36

Corrected Total

10879,640

35

Sterility

Tests of Between-Subjects Effects
Dependent Variable: Max. FORCE
Source

Partial Eta Squared

Corrected Model

,480

Intercept

,924

GROUP

,384

Sterility

,001

GROUP * Sterility

,231

Error
Total
Corrected Total
a. R Squared = ,480 (Adjusted R Squared = ,242)

Estimated Marginal Means
1. GROUP
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Estimates
Dependent Variable: Max. FORCE
95% Confidence Interval
GROUP

Mean

Std. Error

Lower Bound

Upper Bound

1

63,743

6,265

50,812

76,674

2

40,247

6,265

27,316

53,178

3

42,043

6,265

29,112

54,974

4

46,177

6,265

33,246

59,108

5

35,205

6,265

22,274

48,136

6

34,060

6,265

21,129

46,991

Pairwise Comparisons
Dependent Variable: Max. FORCE
95% Confidence Interval for
Mean Difference

1

2

23,497

8,860

,209

-5,374

52,368

3

21,700

8,860

,330

-7,171

50,571

4

17,567

8,860

,885

-11,304

46,438

5

28,538

8,860

,055

-,333

57,409

6

29,683

*

8,860

,040

,812

58,554

1

-23,497

8,860

,209

-52,368

5,374

3

-1,797

8,860

1,000

-30,668

27,074

4

-5,930

8,860

1,000

-34,801

22,941

5

5,042

8,860

1,000

-23,829

33,913

6

6,187

8,860

1,000

-22,684

35,058

1

-21,700

8,860

,330

-50,571

7,171

2

1,797

8,860

1,000

-27,074

30,668

4

-4,133

8,860

1,000

-33,004

24,738

5

6,838

8,860

1,000

-22,033

35,709

6

7,983

8,860

1,000

-20,888

36,854

1

-17,567

8,860

,885

-46,438

11,304

2

5,930

8,860

1,000

-22,941

34,801

3

4,133

8,860

1,000

-24,738

33,004

5

10,972

8,860

1,000

-17,899

39,843

6

12,117

8,860

1,000

-16,754

40,988

1

-28,538

8,860

,055

-57,409

,333

2

-5,042

8,860

1,000

-33,913

23,829

3

-6,838

8,860

1,000

-35,709

22,033

4

-10,972

8,860

1,000

-39,843

17,899

4

5
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Sig.

b

(J) GROUP

3

Std. Error

Lower Bound

b

(I) GROUP

2

(I-J)

Difference

Upper Bound

6

6

1,145

8,860

1,000

-27,726

30,016

1

-29,683

*

8,860

,040

-58,554

-,812

2

-6,187

8,860

1,000

-35,058

22,684

3

-7,983

8,860

1,000

-36,854

20,888

4

-12,117

8,860

1,000

-40,988

16,754

5

-1,145

8,860

1,000

-30,016

27,726

Based on estimated marginal means
*. The mean difference is significant at the ,05 level.
b. Adjustment for multiple comparisons: Bonferroni.

Univariate Tests
Dependent Variable: Max. FORCE
Partial Eta
Sum of Squares

df

Mean Square

Contrast

3525,277

5

705,055

Error

5652,590

24

235,525

F

Sig.

2,994

,031

Squared
,384

The F tests the effect of GROUP. This test is based on the linearly independent pairwise comparisons
among the estimated marginal means.

2. GROUP * Sterility
Dependent Variable: Max. FORCE
95% Confidence Interval
GROUP

Sterility

1

sterile

72,903

8,860

54,616

91,190

nonsterile

54,583

8,860

36,296

72,870

sterile

39,540

8,860

21,253

57,827

nonsterile

40,953

8,860

22,666

59,240

sterile

28,923

8,860

10,636

47,210

nonsterile

55,163

8,860

36,876

73,450

sterile

50,843

8,860

32,556

69,130

nonsterile

41,510

8,860

23,223

59,797

sterile

34,753

8,860

16,466

53,040

nonsterile

35,657

8,860

17,370

53,944

sterile

31,800

8,860

13,513

50,087

nonsterile

36,320

8,860

18,033

54,607

2

3

4

5

6

Mean

Std. Error

Lower Bound

3. Sterility
Estimates
Dependent Variable: Max. FORCE
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Upper Bound

95% Confidence Interval
Sterility

Mean

Std. Error

Lower Bound

Upper Bound

sterile

43,127

3,617

35,662

50,593

nonsterile

44,031

3,617

36,565

51,497

Pairwise Comparisons
Dependent Variable: Max. FORCE
95% Confidence Interval for
Mean Difference
(I) Sterility

(J) Sterility

sterile

nonsterile

nonsterile

sterile

Difference

(I-J)

Std. Error

Sig.

a

Lower Bound

a

Upper Bound

-,904

5,116

,861

-11,462

9,654

,904

5,116

,861

-9,654

11,462

Based on estimated marginal means
a. Adjustment for multiple comparisons: Bonferroni.

Univariate Tests
Dependent Variable: Max. FORCE
Partial Eta
Sum of Squares
Contrast
Error

df

Mean Square

7,353

1

7,353

5652,590

24

235,525

F

Sig.
,031

,861

Squared
,001

The F tests the effect of Sterility. This test is based on the linearly independent pairwise comparisons
among the estimated marginal means.

Post Hoc Tests
GROUP
Homogeneous Subsets
Max. FORCE
Ryan-Einot-Gabriel-Welsch Range

a

Subset
GROUP

N

1

2

6

6

34,06000000

5

6

35,20500000

2

6

40,24666667

40,24666667

3

6

42,04333333

42,04333333

146

4

6

1

6

Sig.

46,17666667

46,17666667
63,74333333

,653

,092

Means for groups in homogeneous subsets are displayed.
Based on observed means.
The error term is Mean Square(Error) = 235,525.
a. Alpha = ,05.
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